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ABSTRACT 
Human joints undergo repetitive compressive and shear loading with a wide range of 
motion. These mechanical factors are partially responsible for degeneration such as osteoarthri-
tis. Hence, the understanding of the mechanical behaviour of articular structures under load can 
provide an insight into their function. The complex geometry of these structures combined with 
their non-linear behaviour render finite element analysis an appropriate computational tool for 
the modelling of their biomechanical response under load. 
The aim of this work was to create a computational tool able to gain greater insight into 
the role and function of the meniscus-meniscal ligament construct of the knee. 
Finite element models of the human tibiofemoral joint were created based on experi-
mental data. The mechanical behaviour of articular structures was studied at various angles of 
flexion under physiological loading using a novel formulation of boundary conditions. The ef-
fects of kinematic constraints, material models, stiffness and position of insertional ligaments, 
meniscal pathology and the meniscal ligaments on articular contact and meniscal motion were 
assessed. 
The results from the simulations using the generic models are in line with data from the 
literature. The material properties of articular cartilage and menisci both influenced the values 
of the resulting stresses, but not their distribution, except for an isotropic meniscus. The stiff-
ness of the insertional ligaments did not influence contact mechanics, but the position of their 
tibial attachments did. The anterior intermeniscal ligament did not show any effect on meniscal 
motion or articular contact, but the deep medial collateral ligament and the meniscofemoral 
ligaments affected the stress distribution between tibial compartments. 
This study shows that computational modelling can be robustly used to help analyse 
the function and role of articular structures of the human knee joint. This approach could be 
further explored for use in clinical practice and for artificial implant design. 
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Chapter 1 
INTRODUCTION 
1.1 GENERAL INTRODUCTION 
Over the years a great effort has been made to understand the human knee joint, a joint 
distinguished by its complex three-dimensional geometry and the various tissue components 
and articulations that generate compound mechanical responses under load. Such understanding 
of the knee joint biomechanics could serve as the basis of a significant improvement of the pre-
vention and treatment of knee joint pathologies, such as osteoarthritis and soft tissue injuries. In 
addition, numerical models assisted by recent rapid computer development offer expanding 
possibilities for the analysis of complicated biological structures such as the knee joint. 
The menisci are two semi-lunar fibro-cartilaginous structures found in the knee. They 
are positioned on the tibia and serve as an additional interface of tibiofemoral (TP) contact. 
Over the years there has been a complete reversal of attitudes among orthopaedic surgeons on 
meniscal treatment. Before, the important role of the menisci in reducing contact stresses was 
Chapter 1 - Introduction 
not appreciated and routine excision of menisci was conducted for knee "locking" symptoms. 
Biomechanical research studies in the literature have shown that the menisci carry the majority 
of the load crossing the TF joint and, by spreading the load over a large area, greatly reduce the 
stresses in the articular cartilage. Clinical evidence has demonstrated that meniscectomised 
knees suffer early osteoarthritis. Recent advances in minimally invasive arthroscopic surgery 
methods have led to procedures for repairing menisci. Initially, these were based on suturing 
techniques, but more recently a wide range of meniscal repair devices have been marketed and 
are now in widespread use. Menisci have a poorly vascularised fibro-cartilaginous structure and 
so they do not heal well, apart from in their more peripheral parts that obtain a blood supply 
from the adjacent joint capsule. This means that extensive damage to the central parts of the 
menisci is still not repairable. Thus, surgeons must sometimes still reluctantly excise damaged 
menisci that cause disabling symptoms, knowing that the knee is then disposed to a rapid onset 
of degenerative arthritis. One answer to this, at present, is to replace the meniscus using an al-
lograft. 
A particular problem with allografts relates to size matching of the graft to the recipient 
knee. This arises from inaccuracy in medical imaging and measurements from those images for 
ordering the allografts, then to the scarcity of donor tissues, which means that the exact size 
ordered may not be available. The effects of allograft size mismatching on their load-bearing 
performance are not known. The evidence suggests that this is an important consideration for 
long-term joint function. Apart from the overall size of the graft, other geometric factors such 
as the shape of the joint surfaces, or depth and curvature of the meniscal surfaces, have un-
known effects on contact stresses within the tissues, both the host articular cartilage and the 
allograft. It could be speculated that a femoral condyle with smaller radius of curvature, press-
ing into a relatively flat allograft surface, could cause a localised zone of shear stresses, which 
tend to induce circumferential splitting of the meniscus along the lines of weakness parallel to 
the collagen fibres. Similarly, one could speculate that any over-sizing of the overall width of 
the graft could lead to it not gripping and supporting the femoral condyle and thus leaving the 
articular surfaces exposed to damaging stresses. Until these and related aspects are investigated, 
it will not be possible to derive guidelines for the criteria of the accuracy needed for choosing 
and implanting meniscal allografts. 
Menisci damaged by trauma usually split circumferentially, reflecting the very low ra-
dial strength of the tissue. This arises from the majority of the collagen fibres being arranged 
circumferentially. Thus, meniscal repair devices are normally placed radially, in order to tie 
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together the two sides of a split. It is not known what forces these devices must withstand, nor, 
therefore, how best to test them. The first reports of such work simply used the ultimate tensile 
strength of the repairs. More recently, a method of cyclic loading at low forces has been intro-
duced, to investigate the ability of the repair devices to resist gapping of the repair, yet this was 
based on speculation regarding the appropriate loads and reflected the low radial strength of 
meniscal tissue. In order to have a sound basis for improving both the design and testing of 
such devices, it is necessary to investigate the stresses acting in the meniscal tissues in use. 
A more general aspect of meniscal malfunction is that the posterior horns of menisci 
often tear during normal activities in advancing age. This, presumably, is a key point in the 
process of articular degeneration. It has been suggested empirically that this damage arises due 
to the combination of large forces and less congruent contact geometry in deep knee flexion. As 
the knee flexes, the femoral surface contacting the menisci has a smaller radius of curvature 
and so it becomes less congruent and the condyle tends to move posteriorly onto the posterior 
horn of the meniscus. Hypotheses of the function of the meniscofemoral ligaments have been 
proposed that suggest that these act to move the posterior horn of the lateral meniscus in deep 
knee flexion, thus reducing the possibility of damage. Recent investigation has imaged the knee 
during load-bearing flexion and revealed how the menisci are squeezed between the femoral 
condyle and the posterior edge of the tibial plateau. At the same time, some of the meniscal 
allografts received from the tissue bank for testing were found to have severe splitting concen-
trated at the distal surfaces of their posterior horns, which rendered them unsuitable for implan-
tation. A finite element computer model could model this situation to gain greater understand-
ing of the stresses acting in the menisci in normal life. 
1.2 AIMS 
The overall aim of this work is the development of a computational tool that is able to 
gain greater understanding of the role and function of the menisci of the knee and the meniscal 
ligaments. An allied aim is to enable this model to be used in subject-specific modelling to plan 
surgical procedures to the knee that involve the menisci. The long-term objective is for this 
computer surgical planning tool to be in clinical use, helping to reduce the incidence of os-
teoarthritis in people who have had soft tissue injuries to the knee. 
The overall goals of this project involve gaining greater insight into: 
1. the complex function and behaviour of the menisci when the knee joint is com-
pressed from full extension to full flexion; 
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2. how modelling aspects and assumptions influence articular mechanics in the TF 
joint; 
3. how the ligaments attached to the menisci affect the overall mechanical behaviour 
of the menisci and of the whole TF joint. 
1.3 THESIS ORGANISATION 
In Chapter 2 anatomy, histology and properties of meniscal tissue are presented, and 
linked to its function within the TF joint. Also, the function of the ligaments attached to the 
menisci is discussed. 
Chapter 3 discusses the use of the finite element (FE) method in the literature to create 
numerical representations of the meniscus and to simulate its function within the TF joint. 
In Chapter 4 novel generic models of the TF joint for angles of flexion up to 60° are 
presented; the methods associated with their construction are analysed and results are presented 
and discussed. 
Chapter 5 investigates the sensitivity of the models to input parameters associated with 
uncertainty in their value and to design parameters. Specifically, these include articular carti-
lage and meniscal material properties and the level of constraint of the joint. The effect of the 
input parameters is assessed using the output articular response and meniscal motion. 
Chapter 6 examines the influence on articular mechanics and meniscal motion of input 
parameters associated with the meniscal insertional ligaments; these include stiffness of the 
ligaments and location of their tibial insertions. 
In Chapter 7 the generic models are enhanced by including the ligaments attached to 
the menisci. Their effect on the mechanical response of the TF joint is presented and discussed. 
In Chapter 8 medial, lateral and total meniscectomy are modelled and their effect on ar-
ticular cartilage stresses is presented and discussed. 
Finally, Chapter 9 summarises and discusses the outcomes of this investigation and 
proposes enhancements and developments for continuation of this work. 
Chapter 2 
THE MENISCAL COMPLEX IN THE T F JOINT 
2.1 INTRODUCTION 
The menisci are two semi-lunar fibro-cartilaginous tissues that lie within the knee joint 
between the femoral condyles and the tibial plateau (Figure 2.1). They are wedge-shaped in 
cross-section and are attached to the tibia mainly via insertional ligaments at their anterior and 
posterior horns. Other ligaments that attach to the menisci include the deep medial collateral 
ligament (dMCL), the anterior intermeniscal ligament (AIL) and the two meniscofemoral liga-
ments (MFLs). 
Over the years there has been a complete reversal of attitudes to the menisci among or-
thopaedic surgeons that has resulted in numerous different surgical interventions. Before their 
important roles within the joint were appreciated, menisci were excised routinely if they had 
been damaged and were causing symptoms of pain, locking or giving way. Meniscal tears are 
the most common knee injury (Baker 1985; Campbell et al. 2001) and it is now fully appreci-
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ated that meniscectomy increases the probability of developing degenerative changes within the 
joint and accelerates the degeneration in joints with pre-existing osteoarthritis (Roos et al. 
1995; Andriacchi et al. 2004; Roos 2005; Hunter et al. 2006). 
Numerous studies have shown that the menisci play important roles in load bearing 
(Bullough et al. 1970; Walker and Erkman 1975; Seedhom 1976; Fukubayashi and Kurosawa 
1980) and shock absorption within the knee (Krause et al. 1976; Kurosawa et al. 1980; Vo-
loshin and Wosk 1983), and that they are also secondary stabilisers of the joint (Wang and 
Walker 1974; Markolf et al. 1976; Oretorp et al. 1979; Markolf et al. 1981; Levy et al. 1982; 
Fukubayashi et al. 1982; Shoemaker and Markolf 1986; Levy et al. 1989). Further roles in joint 
lubrication and nutrient distribution (Renstrom and Johnson 1990) as well as sensory function 
and proprioception (Messner and Gao 1998) have also been proposed. 
Medial POSTERIOR Lateral 
MM 
Figure 2.1: The menisci in a left cadaver tibial plateau. 
LM: Lateral Meniscus, MM: Medial Meniscus, AIL: Anterior Intermeniscal Ligament. 
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2.2 COMPOSITION - HISTOLOGY 
Meniscal material is composed of approximately 75% water, 20% Type I collagen fi-
bres and approximately 5% non-collagenous substances, including proteoglycans, matrix gly-
coproteins and elastin (McDevitt and Webber 1990; Tissakht and Ahmed 1995; Wirth 1996). 
Therefore, meniscal material is inhomogeneous and composite in nature, being composed of a 
hydrophilic matrix reinforced with collagen fibres. 
The microstructure of meniscal tissue has been examined by various investigators 
(Bullough et al. 1970; Beaupre et al. 1986; Fithian et al. 1990; McDevitt and Webber 1990; 
Petersen and Tillmann 1998); all agree that it consists of a fine dense framework of predomi-
nantly circumferentially orientated collagen fibres with fewer radially-aligned fibres, which are 
believed to mainly function by 'tying' the circumferential fibres together. Bullough et al. 
(1970) found that the radially aligned fibres were predominantly present in the middle zone of 
the meniscus and on the exposed surfaces. Beaupre et al. (1986) identified two structurally dif-
ferent regions within the menisci; the central two thirds and the peripheral one third. The cen-
tral part was found to be made up of mainly radially orientated fibres parallel to the articular 
surface, while the peripheral part was found to be made up of larger, mainly circumferentially 
orientated fibre bundles. 
In a later and more comprehensive study on the microstructure of meniscal tissue, Pe-
tersen and Tillman (1998) used scanning electron microscopy and revealed three distinct layers: 
a superficial fibril network, a lamellar layer and a central main portion; the superficial and la-
mellar layers were present in both tibial and femoral surfaces of the meniscal tissue 
(Figure 2.2). In the superficial network, the thin fibrils (diameter -30 nm) showed no preferred 
orientation. The lamellar layer was identified as lying beneath the superficial layer; the fibre 
bundles intersected at random angles apart from the anterior and superior aspects where they 
were arranged radially. In the main portion the collagen fibres were orientated circumferen-
tially and it was only in the internal circumferential region that a few radial collagen fibres 
were interwoven with the circumferential bundles. 
The microstructure of the meniscal tissue, as in all materials, principally defines the 
material properties and thus the mechanical behaviour of the tissue; this relationship will be 
further discussed later in the text. 
Chapter 2 - The meniscal complex in the TF joint 
Figure 2,2: Schematic showing the histology of the meniscus. 
(Adapted from Petersen and Tillman (1998)). 
(1) Superficial network, (2) Lamellar layer, (3) Central main layer, 
(Arrowheads) Radial interwoven fibres, (Arrow) Loose connective tissue. 
2.3 MENISCAL MATERIAL PROPERTIES 
2.3.1 Tensile material properties 
There is no international test-sample geometry standard available for a tensile test or an 
established tensile testing protocol for soft connective tissues of joints. For fibre-reinforced 
composites, materials that are close in microstructure to menisci and ligaments, the standard-
ised test-sample geometry for tensile testing is of uniform width (rectangular) with tabbed ends 
(Carlsson and Pipes 1997). Dumbbell shaped test-samples, although appropriate for tensile test-
ing of non-fibrous materials , are not appropriate for fibre-reinforced composites, because they 
tend to split in the region where the width changes (Carlsson and Pipes 1997). In addition, the 
material volume outside the uniform-width working length of non-uniform width fibrous sam-
ples would have non-continuous fibres, which would not contribute to the function of the sam-
ple in tension. Hence, in ligament and meniscal testing, use of dumbbell shaped samples has no 
realistic rationale. 
In 1989, Proctor et al. used dumbbell-shaped samples from 14 bovine medial menisci 
orientated circumferentially and radially and looked at the variation of the tensile modulus 
through the thickness and anteriorly versus posteriorly. They found that in the femoral meniscal 
surface the tissue behaved isotropically, with values of radially and circumferentially orientated 
samples having similar tensile moduli of 71 and 48 MPa, respectively. However, in the middle 
meniscal portion they found that the circumferentially orientated samples had a two orders of 
Chapter 2 - The meniscal complex in the TF joint 
magnitude greater tensile modulus (198 + 1 MPa) compared to radially-orientated samples 
(2.8 ±1 ,2 MPa). They also reported that samples located at the posterior part of the tissue had a 
significantly greater tensile modulus than those at the anterior part; however, this finding was 
based on only six samples. 
Fithian et al. (1990) used fifty six specimens orientated circumferentially from seven 
young adult human knees. They found that the tensile modulus was significantly less in the 
posterior two-thirds of the medial meniscus compared to the anterior third of the medial menis-
cus or the entire lateral meniscus; this contradicts the findings of Proctor et al. (1989). Con-
versely to the findings in the medial meniscus, in the lateral meniscus samples originating from 
the posterior and middle portions exhibited greater tensile-modulus values (295 + 90 MPa and 
230 ± 50 MPa respectively) than samples originating from the anterior portion (160 + 47 MPa); 
unfortunately, the authors did not analyse these results for significance nor discussed them in 
detail. 
Tissakht and Ahmed (1995) used human knees to perform uniaxial tests on circumfer-
ential and radial samples from different regions and layers of both menisci. Thirty one fresh-
frozen menisci were sectioned radially into posterior, central and anterior regions and, in turn, 
transversely into proximal, middle and distal regions, resulting in nine different zones of the 
meniscus. Radial and circumferential test samples were prepared from these sections by cutting 
uniform rectangular pieces. It was found that the tensile modulus of the samples from the mid-
dle layer was significantly less than that of samples from the proximal and distal layers. Statis-
tical analysis indicated no significant effect of the region on the tensile modulus and no signifi-
cant effect from the location of the menisci; however, the average modulus from samples of the 
lateral meniscus was higher than that from those of the medial. 
In another bovine study, Goertzen et al. (1997) used the anterior third of five medial 
menisci to prepare circumferential, radial and axial samples for uniaxial tensile testing. The 
tensile modulus in the circumferential direction was, in accord with other studies, significantly 
greater than the radial and axial tensile moduli; these were 316 + 146, 25.2 + 17.7 and 
20.6+7.5 MPa, respectively. 
Muratsu et al. (2000) used six fresh frozen porcine stifle joints and compared the mate-
rial properties of the menisci at different anatomical locations. Sections of 1 mm thickness from 
the middle region of the meniscus were cut horizontally into rectangular samples with the long 
axis aligned to the circumferential direction; this produced 501 test samples. Every meniscus 
was divided into ten regions, whose differences in modulus were analysed for both menisci. 
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Regional variation in modulus was found in the lateral meniscus. The areas with the lower 
modulus were observed at the middle portions of the centre and the edge and the tibial portion 
of the middle zone, whereas the greater modulus value was found in the peripheral zone of the 
femoral surface. Moreover, it was found that the medial meniscus had, in general, higher 
modulus values than the lateral meniscus; this contradicts the findings of Fithian et al. (1990) 
and Tissakht and Ahmed (1995). 
In a more recent study, Lechner et al. (2000) found that the posterior and middle re-
gions of human medial menisci had a lower tensile modulus than the anterior region, although 
the difference was not statistically significant; this result is in line with the findings of Fithian 
et al. (1990). They explained this result based on the tissue's histology. It is believed that the 
circumferential collagen fibres run continuously through the meniscus from the anterior to the 
posterior tibial attachments; as the anterior horn of the medial meniscus is not as wide - in the 
radial direction - as the central or posterior regions, the same number of collagen fibres must 
be packed into a smaller cross-sectional area of the tissue anteriorly. This would increase the 
ratio of collagen fibres to matrix tissue anteriorly, hence explain the increased tensile modulus 
of the tissue anteriorly. 
Lechner et al. (2000) also found that the apparent tensile modulus of meniscal tissue 
varied inversely with test specimen thickness. Standard materials testing assumes that the tissue 
being tested is homogeneous. Meniscal tissue, however, is composed of collagen fibre bundles, 
ranging from 50 to 400 fim in diameter, embedded within weak matrix tissue (Petersen and 
Tillmann 1998). Thus, thinner samples may consist predominantly of matrix tissue. Lechner et 
al. found that 28% of 0.5 mm thickness samples either failed prematurely or could not even be 
tested. In contrast, only 17% of thicker, 3 mm samples were un-testable. Thus, the thinner sam-
ples that could actually be tested were likely to be those that contained a significant amount of 
collagen fibre tissue and not those consisting mainly of weak matrix. Hence, the thinner sam-
ples had an apparent higher mean tensile modulus than the thicker samples. In addition, the 
chances of collagen fibres being continuous from end to end of the sample are higher if the 
sample is thicker. 
Bearing in mind the differing sample geometries and testing conditions and the uncer-
tainties associated with biological tissue testing, the conclusion that can be drawn from all me-
niscal-tissue tensile studies is the two orders of magnitude weaker response of the tissue in the 
radial sense when compared to the circumferential. This difference in strength may explain the 
frequency of circumferential splitting of meniscal tissue, rather than radial tears. This differ-
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ence is in line with the histology observations, whereby the predominant orientation of the fi-
bres in the bulk of the tissue is circumferential (Bullough et al. 1970; Beaupre et al. 1986; Pe-
tersen and Tillmann 1998). Nevertheless, there are discrepancies between experimental studies 
on the variation of the tensile modulus along the circumference of the tissue. Additionally, 
there is no histological data or any clinically relevant observation that could explain possible 
differences between anterior, middle or posterior parts of the meniscal tissue. 
Table 2.1 shows an average tensile response of soft connective tissues of joints for 
comparison. It can be observed that the circumferential meniscal tensile response is closer to 
ligaments than to glenoid and acetabular labrae or articular cartilage. It should also be noted 
that the bovine tissue is stiffer than the human tissue. 
Table 2.2 summarises the results of the various experimental studies that looked into 
the tensile material properties of meniscal tissue. Although the experimental protocols used 
vary among the studies, a rough, literature-based average value of the tissue's modulus could 
be recommended; the average circumferential modulus of the human meniscus is approxi-
mately 110 MPa, whereas that of the bovine meniscus is approximately 210 MPa (Figure 2.3). 
Tissue Origin [reference] Tensile modulus [MPa] 
Patella tendon Human [1] 500 - 700 
Major knee ligaments Human [2] 300 
Meniscus Bovine [3] 210 
(circumferential samples) Human [4] 110 
Acetabular labrum Bovine [5] 75 
Human [6] 65 
Meniscus Bovine [3] 25 
(radial samples) Human [4] 10 
Glenoid labrum Human [7] 25 
Articular cartilage Human [8] 1 - 2 0 
, Butler et al, (1986) 
[1] Butler et al. (1986) 
[2] Quapp and Weiss (1998), Race and Amis (1994) 
[3] Proctor et al. (1989), Goertzen et al. (1997) 
[4] Fithian et al. (1990), Tissakht and Ahmed (1995), Lechner et al. (2000) 
[5] Ferguson et al. (2001) 
[6] Ishiko et al. (2005) 
[7] Smith et al. (2008) 
[8] Hansen et al. (2006), Hasler et al. (1999) 
Table 2.1: Comparison of the tensile modulus of intra articular tissues. 
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study 
Proctor et al. 
(1989) 
number of 
samples 
72 
(6 menisci) 
thickness x width 
[mm X mm] 
0.4 X 1.0 
test speed shape 
0.5 
mm/min 
dumbbell 
type 
bovine 
orientation 
circumferential 
radial 
location 
medial 
tensile 
modulus 
[MPa] 
129 
26 
.S 
o 
t 0 
u 
u 
1 
I 
CN 
s: 
U 
Fithian et al. 56 (7 knees) 
(1990) 
N/A 0.3% /min rectangular human circumferential 
Tissakht and 31 knees 1.5-2.0 X 1.75-3.0 5.0%/min rectangular human circumferential 
Ahmed (1995) 
0.8-2.0 X 1.75-3.0 radial 
Goertzen et al. 5 menisci 
(1997) 
Muratsu et al. 
(2000) 
Lechner et al. 
(2000) 
501 
(6 knees) 
10 menisci 
10 menisci 
10 menisci 
0.75 X 2.6 
1.0 X 1.0 
0.5 X 1.0 
1.0 X 1.0 
1.5 X 1.0 
0.6 
mm/min 
N/A 
0.36 
mm/min 
rectangular bovine circumferential 
radial 
lateral 
medial 
lateral 
medial 
lateral 
medial 
lateral 
medial 
rectangular porcine circumferential lateral 
medial 
dumbbell human circumferential medial 
220 
118 
112 
83 
12 
10 
316 
25 
125 
162 
121 
85 
60 
p 
s 
g 
0 
1 F 
a 
0) 
I 
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2.3.2 Compressive material properties 
The compressive properties of meniscal tissue that have been investigated in the litera-
ture are mainly the permeability and the aggregate modulus. The former is a measure of the 
ease with which fluid flows through the tissue, whereas the latter is a measure of the stiffness of 
the tissue's solid content under compression. This is usually calculated using measurements 
from confined compression experiments, whereby the tissue is confined within an impermeable 
sleeve and compressed by a permeable slab; hence the water content of the tissue exudes 
through the slab and the solid content resists the applied load. The mean values of these proper-
ties reported in the literature are presented in Table 2.3. 
Proctor et al. (1989) examined the compressive material properties of bovine menisci 
using confined compression creep testing and direct permeability measurements. They found 
that the water content of the menisci was 73.9%. The mean aggregate modulus of the tissue was 
0.41 MPa, as calculated by fitting the linear biphasic theory (Mow et al. 1980) to the experi-
mental data. The mean hydraulic permeability was 6.4 x 10"'^  m'* N"' s"' when measured di-
rectly and 8.1 x 10"'® m'* N"' s"' when the biphasic model was fitted to the experimental data. 
They also found that values were uniform within the surface layer and did not differ according 
to location. However, for the deeper tissue they observed that the compressive modulus dif-
fered significantly according to sample location, with the posterior deep samples being signifi-
cantly stiffer. No significant regional variations were observed in the permeability of the tissue. 
Finally, the posterior samples were found to have a significantly higher water content than the 
anterior samples. 
Joshi et al. (1995) looked at the compressive properties of the meniscal tissue of vari-
ous animals. They obtained permeability and aggregate modulus values using the linear bi-
phasic theory in confined compression tests. Their reported values for aggregate modulus are 
approximately one third of those reported in the previous studies for bovine menisci, whereas 
the values for hydraulic permeability are approximately three times greater. 
In general, similar trends to the study of Joshi et al. (1995) can be observed in the study 
of Sweigart et al. (2004). In the latter study, the investigators used a finite element model of a 
creep-and-recovery indentation test they conducted; by using optimisation algorithms, they fit-
ted the biphasic theory model to the experimental data and thus calculated the material parame-
ters. 
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In summary, the hydraulic permeability of meniscal tissue appears to be an order of 
magnitude lower than that of articular cartilage. Also, the menisci appear to be 1000 times 
stiffer in tension than in compression. These characteristics render the tissue very deformable, 
which means that the structure can conform to the variable geometry of the femoral condyles 
during flexion. Also, the lower compressive stiffness when compared to tensile stiffness is an 
indicator that the tissue's response is mainly to withstand tension rather than compression. This 
might explain to a degree the loss of functionality, especially of the medial meniscus, in deep 
flexion where the meniscus is squeezed against the tibial plateau's posterior rim (Seedhom and 
Hargreaves 1979; Amiri et al. 2007; Yao et al. 2008a). 
6= 11 Mpg 
iH!A=0.17MPa 
Figure 2.3: Sketch of the meniscus showing an approximate, average circumferential (Eg), 
radial (EJ and compressive (Hx) modulus in the human. 
study 
number of 
samples type location 
aggregate 
modulus 
[MPa] 
permeability 
[10"'^  m'^/Ns] 
Proctor et al. 
(1989) 
Joshi et al. 
(1995) 
Sweigart et al, 
(2004) 
63 bovine Medial 0.41 8.1 
5 
5 
10 menisci 
9 menisci 
bovine 
human 
bovine 
human 
Medial 
Medial 
Medial 
Medial 
0.11 
0.22 
0.14 
&12 
3.3 
2.0 
5.6 
1.8 
Table 2.3: Compressive properties of the meniscal tissue. 
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2.4 FUNCTIONAL BIOMECHANICS OF THE MENISCI 
It has been well established that the main role of the menisci within the knee joint is 
load bearing. The shape, structure and attachments of the menisci contribute to this essential 
function for the well-being of the knee joint. 
When bearing load the knee joint is subjected to compression. The compressive force 
through the joint is distributed over an articulating contact area resulting in contact stresses 
(contact pressure). These stresses are proportional to the load and inversely proportional to the 
contact area; this means that the larger the contact area over which the load is distributed the 
less the contact stresses on the contact area. The geometry of the knee joint does not allow full 
conformity between the surfaces in contact. The medial compartment is more congruent than 
the lateral compartment; the medial femoral condyle articulates over a concave medial tibial 
plateau, whereas the lateral femoral condyle articulates over a flat, slightly convex lateral tibial 
plateau. 
Using casting techniques it has been shown that, under no load, contact across the knee 
occurs primarily on the menisci (Walker and Erkman 1975). With loads of 1470 N the menisci 
cover between 59 to 71% of the joint contact surface area. Other investigators have also shown 
that in the absence of the menisci the load is carried by a much smaller area of cartilage, and so 
the joint contact pressure is significantly increased (by up to 235%) (Seedhom and Hargreaves 
1979; Baratz et al. 1986). This may partly explain the prevalence of osteoarthrosis following 
meniscectomy and the acceleration of degeneration of the meniscectomised, osteoarthritic joint. 
The menisci optimise the way that load is transferred across the knee joint by increas-
ing the congruency of the articulation; the areas of contact increase and, as a result, the contact 
stress on the articulating surfaces decreases. As the femoral condyles bear down onto the me-
nisci, the tapering cross-section of the menisci causes them to extrude radially out of the joint; 
this causes their circumference to increase. Each meniscus attaches mainly to the tibia by ante-
rior and posterior insertional ligaments. Thus, the bulk tissue resists radial displacement by de-
veloping circumferential tension (hoop stresses); this is due to the stiffness of the meniscal tis-
sue, with the predominantly circumferential orientation of the collagen fibres (Figure 2.4). 
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Figure 2.4: (a) Load transfer through the knee joint. The menisci extrude under axial 
joint load, (b) Contact areas decrease and contact stresses increase following meniscec-
tomy (McDermott and Amis 2006). 
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This mechanism of load-bearing occurs throughout the whole range of knee-joint flex-
ion (up to 160°), precisely because the menisci are mainly attached to the tibia by insertional 
ligaments at their horns, which are mobile, allowing displacement in all directions. At full ex-
tension, the femur's distal aspect has a large radius of curvature, and it is therefore in contact 
with the entire area of the menisci, from their anterior to their posterior aspect. As the knee 
flexes, the lesser radii of curvature of the posterior aspect of the femoral condyles result in a 
decreased contact area that moves posteriorly towards and onto the posterior meniscal horns 
(Seedhom and Hargreaves 1979; Iwaki et al. 2000; Nuno and Ahmed 2003; Amiri et al. 2007; 
Yao et al. 2008a). This displaces the menisci outwards and more posteriorly, resulting in sig-
nificant posterior displacements of the anterior horns, up to 10 mm on the lateral side (Vedi et 
al. 1999). 
The lateral meniscus is more mobile than the medial meniscus; this is because the lat-
eral meniscus is not as tightly attached to the capsule as is the medial meniscus. Furthermore, 
the concave medial tibial plateau does not allow the posterior aspect of the medial meniscus to 
displace off the joint posteriorly in deep flexion (>90°), whereas the convex posterior aspect of 
the lateral tibial plateau allows the lateral meniscus to displace posteriorly (go 'downhill') in 
deep flexion. Cadaveric data have shown that in the medial side in deep flexion contact is ex-
hibited solely between the femoral condyle and the meniscus, suggesting that the whole load of 
the medial compartment is borne by the meniscus alone (Seedhom and Hargreaves 1979). 
Hence, it may be speculated that the posterior horn of the medial meniscus is being subjected to 
increased compression in deep flexion without being able to increase its circumference and de-
velop hoop stresses. 
These anatomical considerations may explain the increased frequency of medial menis-
cal tears compared to lateral meniscal tears, at a ratio of 2:1 (Campbell et al. 2001). Further-
more, they may explain the observations of medial meniscal tears being located more fre-
quently at the posterior aspect of the meniscus (Drosos and Pozo 2004). 
The resistance of the menisci to compressive loads by increasing their circumference 
and developing hoop stresses explains the variable effect and frequency of the various types of 
meniscal tear. Longitudinal tears do not have such an effect on meniscal function as do radial 
tears. A longitudinal tear does not disrupt the continuity of the circumferentially orientated fi-
bres that bear load, and is due to fracture of the weak radial tie fibres. In contrast, a radial tear 
disrupts the continuity of the circumferential fibres, resulting in loss of the number of fibres 
bearing load and an increase in articular cartilage-to-cartilage contact forces. 
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The shock absorbing capacity of the menisci has been demonstrated by studies measur-
ing the vibrations in the proximal tibia resulting from gait. From this it has been shown that 
shock absorption is approximately 20% less in knees without menisci (Voloshin and Wosk 
1983). This function of the menisci is associated with viscoelastic properties, the main compo-
nent of which is the water content of the tissue; the shock is mainly resisted by high frictional 
drag forces that are developed as the fluid tries to escape the tissue. 
Regarding the role of the menisci as secondary stabilisers within the knee, it is well 
known that the clinical results of anterior cruciate ligament (ACL) reconstruction are markedly 
impaired by the presence of concurrent meniscal injury. Anterior drawer is not significantly 
increased after medial meniscectomy when the ACL is intact; however, in the ACL-deficient 
knee medial meniscectomy causes an increase in anterior tibial translation of up to 5.8 mm 
(Allen et al. 2000), thus highlighting the importance of the meniscus-meniscal ligament con-
struct as a secondary joint stabiliser. 
18 
Chapter 2 - The meniscal complex in the TF joint 
2.5 FUNCTIONAL BIOMECHANICS OF THE MENISCAL LIGAMENTS 
The mechanical behaviour of the menisci is greatly associated with the microstructure 
of the meniscal material itself, but should also be associated to its attachments to surrounding 
structures. These attachments are the meniscal ligaments, namely the insertional ligaments, the 
deep medial collateral ligament (dMCL), the meniscofemoral ligaments (MFLs) and the ante-
rior intermeniscal ligament (AIL). 
2.5.1 The insertional ligaments 
The insertional ligaments are well-defined in the literature and are found in every knee. 
The circumferential collagen fibres of the meniscal body are known to continue into the ante-
rior and posterior insertional ligaments, which finally attach to subchondral bone via uncalci-
fied and calcified fibrocartilage layers. These layers may make the dramatic changes in stiff-
ness between ligament and bone tissue at the enthesis less sudden and therefore reduce the 
stress concentration in this area and prevent failure. In the human knee, all insertional ligaments 
attach to the tibia, whereas in most animals (ovine, bovine, lapine) the lateral-posterior (LP) 
ligament attaches to the femur; this is equivalent to a posterior meniscofemoral ligament 
(Gupte et al. 2007). 
Kohn and Moreno (1995) studied meniscal insertional anatomy in 46 cadaver knees. 
They found that the areas of insertion were 139 ± 43 mm^ for the medial-anterior (MA) attach-
ment, 80 + 10 mm^ for the medial-posterior (MP) attachment, 93 ± 25 mm^ for the lateral-
anterior (LA) attachment and 115 + 51 mm^ for the lateral-posterior (LP) attachment. 
The tensile behaviour of the meniscal insertional ligaments may be indicative of the 
physiological loads to which they are subjected. Their properties in the human have not yet 
been characterised. Their tensile strength in the rabbit has been shown to be in the range of 
three to four times body weight (Haut et al. 2000). In bovine knees, Villegas et al. (2007) found 
that the MA attachment was significantly less stiff than the MP and LA attachments. The ten-
sile moduli reported in the latter study were 154 + 134, 248 + 179 and 281 +214 MPa for MA, 
MP and LA attachments, respectively. Table 2.4 presents a summary of the material and struc-
tural properties of meniscal insertional ligaments. 
In the rabbit study data was averaged over ten specimens; there were six specimens in 
the bovine study. The only comparison that can be made between these two studies is between 
the failure load and the ultimate stress. It can be observed that the study in rabbits resulted in 
19 
Chapter 2 - The meniscal complex in the TF joint 
higher failure loads for the anterior attachments when compared to the posterior attachment. 
Conversely, the bovine study resulted in higher (but not statistically significant) failure stress 
for the posterior attachment when compared to the anterior attachments. In addition, the linear 
moduli reported in the bovine study have large standard deviations. Therefore, no quantitative 
or qualitative conclusions can be drawn from these experimental studies that relate to the mate-
rial properties or the mechanical behaviour of the human meniscal insertional ligaments. 
Attachment Failure load [N] 
Ultimate stress 
[MPa] 
Tensile modulus 
[MPa] 
MA Lapine 
Bovine 
108 + 25 
62.7 + 15.6 154 + 134 
MP Lapine 
Bovine 
7 5 + 2 3 
76.2 + 28.2 248 + 179 
LA Lapine 
Bovine 
158 + 28 
6 & 2 ± 2 3 a 281+214 
Table 2.4: Animal studies on the material and structural properties of the meniscal inser-
tional ligaments. 
MA: medial anterior, MP: medial posterior, LA: lateral anterior. 
All values are mean ± S.D. 
The functional importance of the insertional ligaments has been illustrated by studies 
investigating the different surgical techniques of meniscal replacement by allograft transplanta-
tion. It has been found that after en bloc total meniscectomy followed by replacement of the 
meniscus with both horns attached to a bony block, similar contact areas and peak contact pres-
sures to the intact knee exist. However, replacing the meniscus with just one horn attached or 
with neither horn attached leads to significant decreases in joint contact areas and increases in 
peak contact pressures (Chen et al. 1996; Paletta, Jr. et al. 1997; Alhalki et al. 2000; Sekaran et 
al. 2002; McDermott et al. 2008). Furthermore, in rabbits, transection of the anterior or poste-
rior insertional ligaments of the meniscus has been shown to lead to osteochondral changes af-
ter 6 and 12 weeks, similar to meniscectomy (Sommerlath and Gillquist 1992). 
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2.5.2 The deep medial collateral ligament (dMCL) 
The dMCL is attached to the medial meniscus. It is a short and thin ligament with clear 
meniscofemoral and meniscotibial components. The meniscofemoral component attaches to the 
femoral condyle proximally to the edge of the femoral cartilage as it blends with the posterior 
oblique ligament and the meniscotibial component attaches to the tibial plateau just distally to 
the edge of the articular cartilage (Robinson et al. 2004; LaPrade et al. 2007) (Figure 2.5). 
Typical dimensions are a width of 5-9 mm and a total length of 29-33 mm. The attachment sites 
are located at 15-17 mm proximally to the femoral rim for the meniscofemoral component and 
2-3 mm distally to the tibial rim for the tibiomeniscal component (Robinson et al. 2004; La-
Prade et al. 2007). 
The structural properties of the dMCL have been quantified in eight cadaveric knees 
(Robinson et al. 2005). The strength, stiffness and extension to failure were 194 + 8 2 N, 
42 ± 14 N mm"' and 7.1 + 1.1 mm, respectively. The stiffness value of the dMCL suggests a 
significant role in tension and its extension to failure is significantly less than that of the other 
structures of the MCL complex (Robinson et al. 2005). Furthermore, due to its short length, the 
dMCL is rapidly tightened with tibial rotation and knee abduction. Therefore, it is believed that 
a valgus injury may result in an isolated rupture of the dMCL. Laxity studies (Robinson et al. 
2006) have shown that cutting the dMCL leads to increased external rotation at 60° to 90° of 
knee flexion and that the dMCL acts as a secondary restraint to valgus. The association of the 
dMCL with meniscal function is believed to be the restraint it provides to excessive mobility of 
the medial meniscus; a ruptured meniscotibial part of the dMCL will allow greater mobility of 
the medial meniscus. However, the alteration of mensical function in the dMCL-deficient knee 
has also not been addressed in the literature; the effect of the dMCL in meniscal mobility and 
cartilage contact stresses has not been quantified. 
In summary, it is believed that the dMCL acts as a secondary restraint to valgus rota-
tion, it is presumed to provide restraint to excessive mobility of the medial meniscus and is as-
sociated with laxity in tibial anterior drawer at high angles of knee flexion when the tibia is ex-
ternally rotated. Nevertheless, more research on dMCL-deficiency in relation to meniscal func-
tion could aid surgical decision making and provide insight into meniscal biomechanics. 
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Figure 2.5: The meniscotibial (MT) and meniscofemoral (MF) parts of the dMCL in a ca-
daver knee (LaPrade et al. 2007). 
MM: Medial meniscus, MFC: Medial Femoral Condyle, MTP: Medial Tibial Plateau. 
2.5.3 The anterior intermeniscal ligament (AIL) 
The AIL connects the anterior fibres of the anterior horns of the medial and lateral me-
nisci (Figure 2.1). It is also referred to as the meniscomeniscal ligament, anterior transverse 
ligament and transverse geniculate ligament. 
Nelson and LaPrade (2000) found that an AIL was present in 47 out of 50 (94%) un-
paired cadaveric knees, Kohn and Moreno (1995) in 59 out of 92 (64%) specimens and Berlet 
and Fowler (1998) in 24 out of 32 (71%). These result in an overall 74% presence of the AIL in 
a total of 176 knee-joints. However, there is ambiguity on what is considered by the different 
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investigators to be an AIL, as the anatomical variability is substantial (Kohn and Moreno 
1995^ 
Magnetic resonance imaging (MRI) studies have also looked at the occurrence of the 
AIL in the knee. Aydingoz et al. (2002) found an AIL present in 122 out of 229 cases (53%) 
and Aydin et al. (2002) in 61 out of 98 cases (62%). These result in an overall 56% observed 
occurrence, which is significantly less than the anatomical studies. This could be because MRI 
may include significant numbers of false negatives. Aydingoz et al. (2002) performed an ar-
throscopic evaluation post-MRI to compare the findings. They reported that in 40% of the cases 
(24 in total) where an AIL was found arthroscopically, the MRI failed to detect it. Finally, av-
erage length and area of the AIL were reported to be 33 mm and 3.3 mm^, respectively (Nelson 
and LaPrade 2000). 
The functional role of this ligament is unclear and its influence on the overall meniscal 
biomechanics remains elusive. It has been reported to serve in some specimens as the primary 
attachment of the anterior horn of the medial meniscus and proposed to act as a restraint to an-
terior subluxation and excessive posterior translation when the menisci are under load (Nelson 
and LaPrade 2000). Finally, it is also believed that it acts as a tie between the menisci that con-
trols their relative positioning on the tibial plateau when the tibia rotates. 
2.5.4 The meniscofemoral ligaments (MFLs) 
The MFLs are attached to the lateral meniscus. They are two ligaments identified as 
joining the posterior horn of the lateral meniscus to the lateral side of the medial condyle of the 
femur. One ligament runs anterior to the posterior cruciate ligament and is known as the liga-
ment of Humphry (aMFL), whereas the other runs posterior to the posterior cruciate ligament 
and is known as the ligament of Wrisberg (pMFL) (Amis et al. 2006) (Figure 2.6). The occur-
rence of the MFLs found in the literature is summarised in the review of Gupte et al. (2003a). It 
was shown that at least one MFL was present in 92% of the 808 knee-specimens examined in 
the literature. However, there is a suggestion that MFLs degenerate with age (Gupte et al. 
2002a), thus the MFL presence could be even greater than reported in younger knees. 
Gupte et al. (2002b) studied the properties of the MFLs in 28 human cadaveric knees. 
They found that the area, load to failure and tensile modulus of the aMFL and pMFL were 
14.7 ± 1 4 . 8 and 20.9 ± 1 1 . 6 mm^ 300 ± 1 5 5 and 302 ± 158 N and 281 ± 2 3 9 and 
227 ± 128 MPa, respectively. The relatively high tensile modulus (similar to the major knee-
ligaments) suggests that they indeed have a functional role within the joint. The length of the 
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aMFL and pMFL was measured in 62 and 58 knees respectively (Gupte et al. 2002a); it was 
found that the aMFL was 20.7 + 3.9 mm long and the pMFL 23.0 ± 4.3 mm. 
Figure 2.6: The anterior and posterior MFLs in a left cadaver tibial plateau. 
(Adapted from Gupte et al. (2003b)). 
LM: Lateral Meniscus, aMFL: anterior MFL, PCL: Posterior Cruciate Ligament, pMFL: poste-
rior MFL. 
The pMFL is tight in the extended knee and slackens with knee flexion, whereas the 
aMFL is slack in the extended knee and tightens with knee flexion (Amis et al. 2006). The 
MFLs have been demonstrated to act as secondary restraints to posterior drawer (Gupte et al. 
2003b). It has also been suggested that they control the motion of the posterior horn of the lat-
eral meniscus with knee flexion (Li et al. 2003). Furthermore, it has been speculated that they 
can potentially act as splints for a healing PCL after an isolated PCL rupture (Amis et al. 2006). 
The MFLs may remain intact while the PCL ruptures; this is due to their distal attachment to 
the mobile meniscus, which is lifted off of the tibial plateau at the time of injury. More re-
cently, Amadi et al. (2008) showed that the MFL-deficient knee experiences a 10% increase in 
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cartilage contact stresses in axial compression in full extension when compared to the healthy 
joint. 
The anatomy and functional biomechanics of the MFLs have been extensively dis-
cussed by Gupte et al. (2003a) and Amis et al. (2006). 
In summary, the meniscus and its insertional ligaments comprise a functional unit that 
works in harmony to protect the underlying articular cartilage in the load-bearing knee joint. 
The meniscal ligaments are thought to act as secondary stabilisers of the knee joint, but also to 
control the mobility and motion of the menisci. Apart from the MFLs, the functional role of the 
meniscal ligaments and their effect on the overall meniscal behaviour under load has not yet 
been quantified. 
2.6 CONCLUSIONS 
The complexity of the microstructure of the meniscal tissue along with the debated ex-
perimental data in determining its material properties show the difficulty in creating a meniscus 
model that could simulate as accurately as possible the mechanical behaviour of the tissue. 
Most of the experimental studies used animal specimens, for which there is no known similar-
ity to human tissue. Moreover, the studies that used human specimens either did not take into 
account the complexity of the tissue's microstructure or they derived some of the material 
properties in certain circumstances, without considering factors that have been shown to sig-
nificantly affect the results. Besides, the experimental procedures and methods that have been 
used in the literature are not scientifically validated, placing their results under debate. Also, 
the meniscal tissue material properties assigned in the finite element models of the tibio-
femoral joint found in the literature have major differences among them, reflecting the signifi-
cant differences found in the various relevant experimental studies. Hence, the accuracy of the 
finite element models, at least regarding the simulation of the mechanical behaviour of the me-
niscal tissue, is under debate. In order to construct a patient/specimen specific finite element 
model of the meniscus or the whole tibio-femoral joint, more accuracy of the meniscal tissue 
modelling is required. The variability of the material properties within the tissue body needs to 
be considered and the microstructure of the tissue should be taken into account, functioning as 
a guide for the meniscal model construction. Furthermore, the role of the associated ligaments 
in the overall biomechanical behaviour of the menisci needs to be highlighted and thus these 
structures should be included when simulating the meniscal behaviour in the knee joint. 
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F E MODELLING AND THE T F JOINT 
3.1 FINITE ELEMENT MODELLING 
Finite Element Analysis (PEA) is a powerful numerical method that is used for solving 
various engineering problems. Its versatility is a key advantage, in that it can be applied to chal-
lenging engineering problems of high complexity and non-linearity. In the context of the analy-
sis of deformations, which is the application for which FEA was originally developed, the 
method has proven successful in allowing structures with complex geometry to be analysed. In 
this context, the FEA method has been successfully applied to human tissues (Weiss et al. 
1996; Ulrich et al. 1998; Bartos et al. 1999; Seek et al. 2000; Samani et al. 2001; Tanaka et al. 
2001; Limbert and Taylor 2002; Chabanas et al. 2003; Kaminsky et al. 2003; Gardiner and 
Weiss 2003; Limbert et al. 2004); these are structures of complex geometry, with additional 
non-linear characteristics introduced from their material properties and the boundary condi-
tions. The variability of human tissues between specimens accompanied with the complexity 
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associated with mathematical modelling renders the construction and application of FEA to 
orthopaedic biomechanics a challenging task. 
Several approaches have been used for the construction of FE models of the knee joint 
in order to investigate its biomechanical behaviour. Each model has been developed subject to 
a variety of constraints; for example, available technology and software. The wide range in 
aim, method, input data and output data renders a comparison of FE models available in the 
literature almost impossible. However, this chapter attempts to review their main methodologi-
cal aspects and results. 
3.2 EARLY MATHEMATICAL MODELS OF THE KNEE JOINT 
The review study of Hefzy and Grood (1988) on static and dynamic models of the hu-
man knee joint gives a very good overview of the studies until then, when the finite element 
approach was not yet applied to such problems. Either simple hinge joint or rheological phe-
nomenological models, and anatomically based models had been used to model the knee joint. 
The latter had been used to predict kinematics and kinetics of the knee and its structural com-
ponents. The kinetic models treated static and quasi-static equilibrium conditions and a few 
addressed non-equilibrium dynamic loading. The studies pointed out the need to develop a 
more complete model of the human knee joint and mentioned that the geometric and mechani-
cal properties of a real knee required to validate such a model were not available at that point. 
The remainder of this chapter is divided in two sections; the first reviews the literature 
regarding models of the mensical tissue alone whereas the second reviews the literature regard-
ing finite element modelling of the TF joint. 
3.3 MENISCAL MODELS 
In 1985 Aspden created a two-dimensional, axisymmetric, FE model of the meniscus. 
The meniscus was geometrically approximated by a toroid lying on a base of articular-cartilage 
modulus and its behaviour under compressive stress equivalent to loads of 350 to 1750 N was 
studied. Meniscal tissue was assigned transversely isotropic properties and several combina-
tions of values were used in lieu of experimental data; articular-cartilage like properties were 
assigned to the plane and tendon-like properties were assigned to the circumferential direction. 
Further, the circumferential modulus was updated based on the hoop strain at each increment. 
Aspden concluded that stresses and strains were significantly dependent on the cross-sectional 
dimensions but not on the material properties. 
27 
Chapter 3 - FE modelling and the TF joint 
Spilker et al. (1992) presented an FE model of the meniscus based on an axisymmetric 
geometric approximation of the menisci and a biphasic description of the tissue as a mixture of 
solid and fluid. The meniscal geometry was approximated by an axisymmetric toroidal, average 
geometry of a 'normal ' meniscus and the solid phase of the biphasic meniscus was assigned 
transversely isotropic material properties. The meniscus was resting on a perfectly lubricated, 
flat tibial surface and subjected to distributed loads applied on the femoral surface; hence, the 
meniscus was free to expand radially on the tibial surface. The time dependent response of the 
meniscus in the first 5 seconds of loading was investigated; the output was the distributions of 
stress, pressure and strain over and fluid flow through the cross section. It was found that the 
hoop stresses were dominant, while the hoop strains were relatively low, inferring that the 
transversely isotropic representation of the solid phase of the meniscus is essential in order to 
capture this fundamental anisotropic behaviour. Moreover, large shear strains were observed, 
especially near the apex of the cross section, and the largest principal strains were in regions of 
maximum shear strain, in the proximal periphery (the most outer region near the femoral sur-
face). The pressure of the fluid phase was observed to be larger than the axial and radial normal 
stresses, carrying a significant part of the load at early times after the onset of loading, thus im-
plying that a biphasic approach for the meniscus is essential. The model includes several attrib-
utes of the meniscal material (fluid phase, transversely isotropic solid phase); however, it is 
limited by the simplified geometry and boundary conditions. 
3.4 FE MODELS OF THE TF JOINT 
The group that first attempted to investigate knee-joint biomechanics using FE analysis 
and which is active in the field to-date with several published articles is from the Ecole Poly-
technique, Montreal, Canada. In 1995, Bendjaballah et al. used CT scans and physical meas-
urements of a knee joint specimen to acquire hard and soft tissue geometry, respectively. An in-
house mesh generation algorithm was used to reconstruct the mesh from the acquired geometry 
and an in-house three-dimensional non-linear FE model of the knee joint was constructed to 
analyse the mechanical behaviour of the joint in full extension under compressive loads of up 
to 1 kN. The model consisted of the bony structures (tibia, femur), their articular cartilage lay-
ers, both menisci and the main ligaments (collaterals, cruciates). The articular cartilage layers 
were assumed to be isotropic; the meniscus was modelled as a non-homogeneous composite, 
while the ligaments were represented by non-linear elastic springs. The dMCL and the meniscal 
insertional ligaments were included in the model, but no details regarding the modelling ap-
proach were presented. The flexion-extension and varus-valgus rotations were constrained, 
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while the axial rotation was left either free or fixed. It was found that the distribution of the 
load to the various components was dependent upon the magnitude of the applied load. The 
lateral compartment was found to accommodate more load than the medial and the uncovered 
part of the articular tibial cartilage was found to accommodate more load than the menisci. Re-
moval of the menisci was found to increase the primary and coupled joint laxities in all direc-
tions, reduce the total contact areas and increase the contact stresses in the tibial cartilage. 
Later studies of the Montreal group used the aforementioned model to investigate the 
behaviour of the TF joint under varus valgus moments (Bendjaballah et al. 1997), anterior-
posterior forces (Bendjaballah et al. 1998) and axial torques (Jilani et al. 1997). These studies 
focused on the effect of the major ligaments in knee kinematics and relative distribution in ac-
commodating the load among the tissues. 
Li et al. (1999a) presented a three-dimensional FE model of the TF joint and experi-
mental data, which they used to validate their model. The study used magnetic resonance (MR) 
images of a cadaveric knee specimen to obtain the geometry. Biomechanical tests to validate 
the model were conducted on the same specimen. The finite element model consisted of bony 
structures (femur, tibia), cartilage, ligaments (collaterals, cruciates and deep fibres of the me-
dial collateral ligament) and both menisci. The bony structures were modelled as rigid bodies 
with the articular cartilage linear elastic and isotropic. The ligaments were represented by their 
functional bundles, each of which was modelled by a single non-linearly elastic spring. The 
menisci were simulated by equivalent resistance springs; each meniscus was "represented by 
three different compressive springs on each side and distributed in the anterior, posterior and 
medial or lateral directions", while each spring was constrained with one end fixed to the tibia 
and the other to the femur. Reference lengths of the ligaments and stiffness of the meniscus 
were estimated using an optimisation procedure that involved the minimisation of the differ-
ences between the kinematics predicted by the model and those obtained experimentally. More 
precisely, the differences between the anterior-posterior tibial translation predicted by the finite 
element model and those measured from the experiment of the same specimen were minimised 
when the knee was subjected to anterior-posterior tibial loads at two different angles of flexion. 
The study calculated the joint kinematics and the ligament forces in response to axial tibial 
moments of up to 10 Nm. It was found that under an anterior-posterior load of 100 N or inter-
nal-extemal moment of 10 Nm the maximum cartilage deformation reached 20% of its thick-
ness. Moreover, it was demonstrated that the meniscal springs were important for matching the 
results of the model to the experimental data, especially when the applied loads were high; the 
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authors discussed that these springs may characterise a strong effective resistance of other 
structures not explicitly simulated in the model, such as capsule and postero-lateral structures. 
The main limitation of this study is its meniscal modelling, whereby the menisci are repre-
sented by resistance springs, hence constituting a surrogate model of the tissue; how well this 
approach resembles the function of the meniscus is not assessed in the study. 
Haut et al. (2002) constructed a three dimensional TF joint FE model, A non-
contacting, laser based, three-dimensional coordinate digitising system was employed to gener-
ate the solid models of the menisci and the ligaments and CT images to generate the bony 
structures of the tibia and the femur from a cadaveric specimen. The model included both tra-
becular and cortical bone for the femur and the tibia, articular cartilage of femoral condyles and 
tibial plateau, both menisci with their horn attachments, the AIL, the anterior cruciate ligament 
(ACL) and the medial collateral ligament (MCL). The posterior cruciate ligament (PCL) and 
the lateral collateral ligament (LCL) were not included in the model because they were consid-
ered slack under the compressive load applied at full extension. However, it should be noted 
that the posteromedial bundle of the PCL and the LCL are taut in full extension (Amis et al. 
2006; Amiri et al. 2007). Both trabecular and cortical bone were assumed linearly elastic as 
was the articular cartilage; the ligaments were modelled as non-linearly elastic springs. The 
AIL was modelled as a single linear spring. Both menisci were modelled as linearly elastic, 
transversely isotropic and their horn attachments were simulated by linear springs. Contact me-
chanics were investigated under a 1200 N compressive load at 0° flexion. It was found that 
treating the bones as rigid versus treating them as deformable indicated that none of the contact 
variables changes more than 2%, whereas the computational cost was increased twofold. Fur-
thermore, differences in contact values reached 19% when rotations other than flexion-
extension were constrained, inferring that unrealistic constraints on rotations other than flexion-
extension could result in relatively large errors in contact variables. A later publication from the 
same group of authors (Haut Donahue et al. 2003) presents experimental measurements of the 
contact stress distribution on the tibial plateau under load, with which their FE model was 
tested for validity; they used optimisation techniques performed on a set of nine parameters 
(five material and four attachment). It was observed that the model was more sensitive to the 
stiffness values of the insertions and to the circumferential and in-plane elastic moduli. It 
should be noted that it is the only study that models the AIL, though without investigating its 
effect on the overall joint response. 
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Meakin et al. (2003) presented a two-dimensional, axisymmetric FE model of the TF 
joint. Tibia, femur, articular cartilage and menisci were modelled as simplified, approximate 
geometrical entities. Isotropic material properties were assigned to the articular cartilage, whilst 
transversely isotropic to the meniscus. Full congruency between articular cartilage and menis-
cus was implemented. The nodes at the bottom of the tibial cartilage were constrained in all 
directions and the rigid elements representing the femoral bone were constrained in all DoFs 
except for axial translation. An axial compressive load was applied and the output variables 
were the axial displacement of the femur, the radial displacement of the outer edge of the me-
niscus and the stresses at the centre of the meniscus. Factorial analysis was used to determine 
how the behaviour of the meniscus under compression was influenced by the variation of the 
input parameters. The study used ten factors for the factorial analysis; three describing model 
geometry and seven material properties. It was found that the geometry tends to have a larger 
effect on model behaviour than the material properties, which contradicts the findings of Haut 
et al. (2003). Moreover, it was shown that the incongruency between femur - meniscus influ-
ences the magnitude of the stresses in the meniscus and cartilage as well as the stress distribu-
tion within the tissues. This corroborates the findings of Aspden (1985) who demonstrated the 
influence of geometry on stress response. Hence, the axisymmetry of the model is a significant 
limitation. 
Wilson et al. (2003) constructed a two dimensional, axisymmetric model of the TF 
joint to examine what type of cartilage damage is likely to be initiated after meniscectomy; that 
is either damage at the cartilage surface or at the cartilage-bone interface. Biphasic representa-
tions of both articular cartilage and meniscus were used. The solid matrix of the meniscal tissue 
was assumed transversely isotropic and that of the cartilage was assumed isotropic in one set of 
simulations - in order to predict cartilage surface damage - and transversely isotropic in an-
other - in order to predict cartilage-bone interface damage. Cartilage damage was deemed to 
occur at locations of increased shear stresses. Subchondral bone and a veiy thin zone of calci-
fied cartilage between cartilage and bone were also modelled and assumed linearly elastic and 
isotropic. Results regarding contact area and contact stresses after meniscectomy were similar 
for both models of the cartilage and within the values reported in the literature. Also, shear 
stresses were significantly increased in both models at the interface of interest, leading the au-
thors to conclude that initiation of cartilage degeneration after meniscectomy is due to cartilage 
damage at the surface and at the interface with the subchondral bone. Due to the simplification 
of the geometry, the authors themselves claim these results as "indicative". 
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The group at the University of Zaragoza investigated meniscal biomechanics with an 
FE model of the TF joint (Pena et al. 2005; Pena et al. 2006a; Pena et al. 2006b). Their model 
included rigid representations of femur and tibia and deformable representations of articular 
cartilage, ligaments and menisci. Both articular cartilage and menisci were assumed to be line-
arly elastic and isotropic, whereas the major knee ligaments were assumed to be isotropic and 
hyperelastic. They also modelled the tibial attachments of the meniscal horns, but no details 
were given; moreover, the "external periphery" of the medial meniscus was attached to the 
tibial plateau. In Pena et al. (2005) they examined the effect of meniscal tears on articular me-
chanics under an 1150 N axial load at full extension; V/Y and F/E were constrained. They re-
ported that maximum contact stresses in the menisci were located at the posterior region of the 
medial meniscus and at the anterior horn of the lateral meniscus. Longitudinal, radial and 
oblique medial meniscectomies had a similar effect on tibial compressive stresses (increase of 
~ 50% for medial and ~ 150% for lateral compartments, respectively, when compared to the 
intact joint). Total meniscectomy resulted in a ~ 100% and ~ 400% increase in medial and lat-
eral tibial compressive stresses, respectively. Therefore, they found that partial or total resec-
tion of the medial meniscus has a greater effect on cartilage stresses on the lateral side rather 
than the medial side. Major limitations of this study are the isotropic representation of the me-
niscal tissue and the constraint imposed to YfV rotation, since all major knee ligaments were 
present. 
In a later study by this group the previous model was used to study the effect of lateral 
meniscal injury on contact mechanics (Pena et al. 2006b). However, they now ran simulations 
with YfV rotation unconstrained and with the cartilage assuming a Young's modulus value of 
9 MPa, as opposed to 5 MPa used in the aforementioned study (Pena et al. 2005). Despite the 
differences in modelling, they compared medial with lateral meniscectomy - from these two 
different models - concluding that lateral meniscectomy is "more dangerous" than medial me-
niscectomy, based on the difference in increase of shear stresses on femoral and tibial cartilage. 
Moreover, they conducted a sensitivity analysis to look at the effect of articular cartilage prop-
erties on contact variables and found a statistically significantly influence (Pena et al. 2006a). 
Therefore, their own studies place their own conclusions under question. 
Yao et al. (2008b) constructed a displacement-driven FE model of the TF joint to look 
at the influence of input kinematics on contact mechanics. MR images were acquired for loaded 
(400 N axially) and unloaded knee in vivo at 20° flexion. They modelled articular cartilage as 
linearly elastic and isotropic and meniscal tissue as linearly elastic, transversely isotropic. The 
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meniscal horn attachments were modelled as non-compressive springs with a Young's modulus 
of 600 MPa; this is a relatively high value, resembling data for tendon rather than ligament 
(Table 2.1). Meniscal peripheral attachments were also modelled (no further details given) with 
a Young's modulus of 5.5 MPa. No other knee ligaments were included. The position of the 
bones before and after applying the load in vivo was registered in the images from digitized 
points. Hence, the six DoFs of the TF joint (according to the Grood and Suntay (1983) joint 
coordinate system (Appendix 11)) data were calculated and input as displacement boundary 
conditions in the FE simulations of the unloaded knee in order to match the position of the 
loaded knee; this means that no load was applied and all DoFs for bones were constrained. 
Also, medial and lateral models "were separated". In order to look at the combined effect of 
input kinematics on contact mechanics they varied the six DoF input data using factorial analy-
sis; the values used ranged up to 0.25 mm for translations and 0.25° for rotations, being, ac-
cording to the authors, within the image resolution and kinematic data acquisition errors. They 
found that input kinematic data significantly influenced contact mechanics; the output reaction 
force and contact area ranged from 20 to 420 N and 7 to 630 mm^, respectively. They found 
that variation in translational DoFs affected the contact variables more than rotational DoFs 
did. Specifically - and not surprisingly - axial translation was the most influential DoF. The 
reaction force was what the authors used to verify their model, which in essence means select-
ing the combination of input kinematic data that resulted in a reaction force close to the ex-
perimentally applied axial force (400 N). Unfortunately, it is difficult to appraise this modelling 
approach due to the limited available detail; however, the fact that such small changes in kine-
matic data give relatively large changes in contact mechanics may be due to the amount of con-
straint employed in the model, and, therefore, further evaluation or re-assessment of their 
model should be considered. 
Perie and Hobatho (1998) constructed an FE model of the TF joint with a number of 
non-physiological assumptions and results, which, however, they claim to have validated. The 
geometry was acquired from MR images; articular cartilage and menisci were assigned linearly 
elastic and isotropic properties (specifically, with the same Young's modulus of 5 MPa). The 
femoral nodes were "fixed in the sagittal plane", the meniscal horns were "fixed on the tibial 
plateau" and the meniscal periphery was "fixed in the sagittal plane"; these boundary condi-
tions imply significant and unrealistic constraint in femoral and meniscal motion. The liga-
ments were not modelled as such, but they were represented by constant loads; these were also 
the loading conditions for the simulation at full extension. The "experimental" determination of 
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contact areas was based on a geometrical method using the distances between femoral and 
tibial nodes of the mesh generated from the MR images and used in the FE simulations. They 
claim that their model is validated since contact areas predicted by the model and those meas-
ured experimentally are in good agreement. They also ran simulations with articular cartilage 
and menisci assuming transversely isotropic properties, but they found no significant differ-
ences to contact variables. Finally, they found that exclusion of the menisci from the model 
(meniscectomised joint) did not result in significant alteration in contact areas. These findings 
contradict the findings of all aforementioned experience. 
Finally, in a dynamic model of the TF joint, Penrose et al. (2002) investigated the ef-
fect of daily activities and car crash scenarios on contact mechanics and joint motion. Articular 
cartilage was assumed linearly elastic and isotropic, whereas menisci and cruciate ligaments 
were modelled as composites, comprising a solid matrix reinforced with collagen fibres, with 
24% and 15% fibre by volume for meniscus and ligaments, respectively. The collateral liga-
ments were modelled as longitudinal and transverse linearly elastic elements. They also mod-
elled the hamstring and quadriceps tendons as cables (non-compressive line elements). Simula-
tions were run for the position at which the cadaver knee was scanned; this was "25° flexion 
and 0° abduction and rotation", according to their anatomical coordinate system, aligned with 
the fixed femur. They used force functions to simulate the gait cycle (duration of approximately 
1.7 s), an axial load of short duration to simulate stair descent, and impact loads to simulate 
joint motion at car crash scenarios. The key results of the study regarding the gait cycle simula-
tions are in good agreement with the experimental literature; these results were the variation of 
tibia/femur contact force, joint force and flexion angle with time during the gait cycle. 
3 .5 DISCUSSION AND CONCLUSIONS 
Various approaches in modelling the TF joint have been employed by a number of re-
search groups, regarding derivation of joint geometry, number of structures used, material 
properties assigned and boundary conditions and constraints applied. The basic conclusions of 
the studies have to do mostly with general biomechanical observations, the great majority of 
which had been already known from experimental studies, when the basic reason for which a 
computer model is constructed is to predict knowledge the experiment cannot produce. 
The studies that modelled the menisci approximated its geometry as axisymmetric. The 
main conclusion of those studies is that the menisci should be assigned transversely isotropic 
material properties in order to capture the fundamental anisotropic behaviour, caused by the 
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predominant circumferential orientation of the collagen fibres. Moreover, all axisymmetric 
studies of the meniscus or of the TF joint have addressed the limitation of using simplified ge-
ometry in such geometrically complex structures, as it was demonstrated to influence the output 
mechanical response. Therefore, in order to fully capture articular behaviour under load, a three 
dimensional representation of the joint ' s geometry is necessary. 
Numerous studies have used non-physiological approaches in their modelling. Regard-
ing meniscal modelling, one study used equivalent resistance springs (Li et al. 1999a) and oth-
ers used an isotropic approach (Perie and Hobatho 1998; Pena et al. 2006a). As discussed pre-
viously, such meniscal models do not represent physiological meniscal behaviour within the TF 
joint. Regarding boundary conditions, some studies constrained varus-valgus rotation 
(Bendjaballah et al. 1995; Pena et al. 2005) and their modelling approach contained all major 
ligaments; however, it has been shown that such a constraint could cause an approximately 
10% change in contact variables such as maximum pressure or location of centre of pressure on 
each tibial plateau (Haut Donahue et al. 2002). 
The complexity of the meniscal microstructure and the debatable experimental data in 
determining its material properties show the difficulty in creating a meniscal model that can 
accurately simulate the physiological mechanical behaviour of the tissue and of the TF joint. 
Similarly for the articular cartilage, the available experimental data range across values differ-
ent by even an order of magnitude. Most of the available experimental studies used animal 
specimens; the similarity of their material properties to human tissue is unknown. The material 
properties assigned to the soft tissues in the FE models of the TF joint found in the literature 
have major differences among them, reflecting the significant differences found in the relevant 
experimental studies. These issues constitute a major concern on the validity of the numerical 
models; they are further discussed in Chapter 5. 
Despite the differences in input parameters among numerical studies, a number of them 
claim to be validated against experimental data (Perie and Hobatho 1998; Li et al. 1999a; Haut 
Donahue et al. 2003). However, these are mainly based on optimisation techniques, whereby 
material parameter values are estimated in order to produce closer agreement between model 
prediction and experimental data. This method constitutes calibration of the models rather than 
validation (Oreskes et al. 1994). 
The meniscal ligaments have not had any attention in the numerical literature. Only one 
study (Haut Donahue et al. 2003) modelled the AIL, however its effect on articular mechanics 
was not quantified. 
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In summary, numerous FE models of the TF joint have been reported in the literature, 
most of which present a fine and unique modelling approach to the problem. Some studies re-
vealed the importance of numerical aspects when modelling the TF joint, a few addressed im-
portant issues in meniscal implant design and others drew strong biomechanical conclusions 
based on non-physiological modelling aspects. Still, none of the models looked at TF joint 
biomechanics in flexion angles other than full extension or investigated the effect of the menis-
cal ligaments on articular contact. Furthermore, none of the models investigated the stress dis-
tribution within the meniscal tissue or meniscal motion under load. These issues are among the 
aims of the current study. 
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MODELLING T F JOINT ARTICULAR 
CONTACT WITH F E : 
A KINEMATIC APPROACH 
4.1 INTRODUCTION AND AIM 
The knee joint comprises a number of soft and hard tissues, structures of complex ge-
ometry, which work together in harmony to allow activities of daily living. Mechanical factors 
are implicated in pathologies of the joint and understanding the biomechanics of the joint can 
provide greater insight into the function of articular structures. Specifically, the biomechanics 
of the menisci, being the most frequently injured structure in the joint, are of most interest here. 
The large range of motion and complex geometry of joint-structures renders FEA an 
appropriate computational tool for the modelling of the TF joint mechanical behaviour. Previ-
Chapter 4 - Modelling TF joint articular contact with FE: a kinematic approach 
ous investigators have approached the problem with simplified, axisymmetric models and with 
FE models, but none of them has looked into the biomechanics of the TF joint at angles of flex-
ion other than full extension or specifically at meniscal motion and at stress distribution across 
the meniscal construct. 
Therefore, the aim of this study was to develop a three dimensional FE model of the TF 
joint able to predict articular mechanics and meniscal motion under axial compressive loads at 
various angles of knee flexion. 
4 . 2 MATERIALS AND METHODS 
Figure 4.1 presents an overview of the modelling methodology implemented in this 
thesis. The main feature of the modelling procedure is the implementation of a kinematic ap-
proach; this kind of approach has not been attempted in the literature before. In the following 
paragraphs a detailed description of the methods involved in constructing a generic FE model 
of the TF joint using a kinematic approach is presented. 
Geometry Positioning 
3D Kinematic 
data 
Material 
Properties 
3D Imaging 
data 
Boundary 
conditions 
Mechanical Behaviour 
Finite Element Analysis 
(FEA) 
Figure 4.1: The modelling procedure implemented in the thesis. 
4.2.1 Mesh generation 
A human knee (female, age 21) was scanned using magnetic resonance (MR) imaging 
and sixty high-contrast (GE Genesis 4 format, FOV = 120 mm, slice thickness = 1.5 mm) im-
ages were acquired. The articular structures were manually segmented using medical-imaging 
reconstruction software (Amira, Visage Imaging, USA) (Figure 4.2); these included femur, 
tibia, femoral and tibial cartilage and menisci. 
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Figure 4.2: Segmentation in Amira. 
Sagittal (left) and transverse (right) slice of the joint. 
Amira is able to create 3D-surface triangular meshes from segmented contours. The 
number of the triangles and the smoothing threshold can be controlled by the user. The triangu-
lar mesh was created automatically by implementing the marching-cubes algorithm (Lorensen 
and Cline 1987); each structure was meshed separately. The final surface files were saved in 
Stereolithography format (.stl), which is compatible with most commercial FE packages. In 
order to create solid geometries from the triangular meshes, the .stl files were imported into 
MSC.Marc (MSG.Software, USA). The triangular meshes created in Amira comprised an un-
acceptable amount of bad aspect-ratio elements; over 30% of the structure's elements had one 
dimension significantly larger than the others. Therefore, after importing the meshes into 
MSC.Marc, a re-meshing module using MSC.Patran (incorporated into MSC.Marc) was re-
cruited to create a new mesh based on the existing mesh but ensuring uniformity in terms of 
element shape and dimensions. However, since each structure was initially meshed separately, 
this meant that the mesh generator was unaware of the existence of neighbouring structures; 
this in turn meant that, when put together to form the TF joint, overlapping or gaps between 
structure boundaries occurred at places. This was dealt with manually, by assigning common 
nodes in between overlapping surfaces, making sure that neighbour surfaces share a common 
boundary. These new triangular surface meshes were then solid meshed with tetrahedra in 
MSC.Marc; this resulted in structures comprising 4-node linear tetrahedral elements. Table 4.1 
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presents a summary of the modelled structures in terms of type (surface or solid) and total 
number of elements. 
Femoral Tibial Car- Medial Lateral 
Femur Tibia Cartilage tilage Meniscus Meniscus 
Element 
type 
Surface Surface Solid Solid Solid Solid 
No of 
elements 
15677 9964 18770 23684 12369 9858 
Table 4.1: Element types and total number of elements for the various structures mod-
elled. 
All solid elements are 4-node, tetrahedral elements and all surface elements are 3-node, 
triangular elements. 
4.2.2 Positioning 
Each individual solid structure comprised a separate file; these were merged into a sin-
gle file. The next step was to position the structures in the various angles of knee-joint flexion. 
An overview of the steps for positioning the various structures is presented in Figure 4.3. 
Henceforth, a bony complex refers to the bone and its cartilage. 
Define a local coordinate frame for each bony complex 
Position the tibial compk 
coordinate frame coincident w 
;x so as to make the tibial 
ith the global coordinate frame 
Position the femoral comple 
coordinate frame coincident w 
X so as to make the femoral 
ith the global coordinate frame 
Move femoral complex according to kinematic 
data at each absolute position of knee flexion 
Figure 4.3: The method used to position structures relative to one another within the FE 
software at each flexion angle. 
When describing relative positioning, a frame of reference is needed; this is the global 
coordinate system. In order to determine the position of the various structures with reference to 
the global coordinate system, a local coordinate system needs to be introduced for each one of 
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the structures. Therefore, local coordinate systems were assigned to the tibial complex and the 
femoral complex; the meniscal position was defined in terms of the tibial coordinate system. 
For convenience, the global coordinate system was selected so as to coincide with the local co-
ordinate system of the tibial complex. The methods used to realise this are fully described in 
Appendix I. 
The femoral coordinate system was defined (Appendix I) and the femoral complex was 
moved in order to make its local coordinate system coincident with the global coordinate sys-
tem. Then, the femoral complex was moved relative to the tibial complex to its physical rela-
tive position at each angle of knee fiexion. This was realised by using physical kinematic data 
from a previous cadaveric study (Bull et al. 2008). In brief, human, cadaveric legs were 
mounted onto a custom-made rig and landmarks were registered; the position of the landmarks 
was recorded in a 0-120° range of knee flexion using an optical motion tracking system. The 
data at each angle of flexion was transformed into six DoF data, according to a joint coordinate 
system (Grood and Suntay 1983; Wu and Cavanagh 1995). For the purposes of this work, aver-
age values for the six DoFs at each angle of flexion were calculated and used to determine the 
relative position of the bones for input in the model (Table 4.2). A joint coordinate system 
(JCS) was incorporated in order for the definition of knee kinematics to be in accord with clini-
cal data (Wu and Cavanagh 1995). A detailed description of the JCS and of the method to posi-
tion the structures relative to each other is presented in Appendix II. 
Rotations [degrees] Translations [mm] 
Flexion Abduction Rotation Lateral Anterior Distraction 
0 -5.22 6.12 2 ^ 2 -&26 6.30 
10 -5.16 1.64 1.84 -8.97 9.02 
15 -5.12 0.30 1.37 -9.43 10.52 
20 -5.11 -0.35 OjW -9.89 12.21 
30 -4.88 -0.23 -10.81 16.15 
40 - 4 4 3 0.74 0.50 -11.41 20.42 
60 -4.74 1.77 0.56 -10.33 28.85 
Table 4.2: The six DoF kinematic data used as input to position femur and tibia at each 
angle of flexion (from Bull et al. (2008)). 
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4.2.3 Material properties 
Bone and articular cartilage 
The femur and tibia were modelled as rigid structures to account for their orders of 
magnitude greater stiffness when compared to soft tissues (Haut Donahue et al. 2002). Al-
though the articular cartilage is an anisotropic, non-linear, inhomogeneous material, when the 
time to peak load is less than 1 s - as is expected in heel strike during gait - it is appreciated 
that the cartilage behaves as a linearly elastic and isotropic material (Oloyede et al. 1992; Gold-
smith et al. 1996; Shepherd and Seedhom 1999). Therefore, the articular cartilage was mod-
elled as linearly elastic, isotropic and homogeneous with a Young's modulus of £• = 5 MPa and 
a Poisson's ratio of v = 0.47 (Hori and Mockros 1976; Shepherd and Seedhom 1999; Hasler et 
al. 1999; Hansen et al. 2006). 
Menisci 
The menisci are non-linear, anisotropic and inhomogeneous materials. Their mechani-
cal behaviour is linked to their fine structure, as discussed in Chapter 2. In assigning material 
properties, this study followed the findings of previous numerical studies (Spilker et al. 1992; 
Haut Donahue et al. 2003), which showed that an isotropic approach is unrealistic. Therefore, a 
representation of the tissue as transversely isotropic was implemented, which allowed for the 
circumferential direction to be different to the axial and radial directions, to account for the 
predominant, circumferential orientation of the meniscal fibres. This was realised by orientat-
ing the finite elements comprising the menisci in a cylindrical coordinate system, using the ori-
entation feature in MSC.Marc. The method for assigning a cylindrical coordinate system to 
each meniscus is described in Appendix III, A summary of the meniscal material properties 
used in the models is presented in Table 4.3; the values are based on experimental studies 
(Fithian et al. 1990; Tissakht and Ahmed 1995) and follow the numerical approach of Haut et 
al. (2002). 
Young's modulus [MPa] Poisson's ratio Shear modulus [MPa] 
•^ fibre -^ plane Vfibre p^lane ^fibre Gpiane 
150 20 0.3 0.2 57.7 8.3 
Table 4.3: The material properties assigned to the meniscal tissue in the generic TF joint 
models. 
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Meniscal insertional ligaments 
Published work on material properties of meniscal insertional ligaments is limited to a 
study on bovine specimens (Table 2.4). Considering the relatively small number of specimens, 
the use of bovine instead of human tissue and the resulting large standard deviations, the data 
was judged unsuitable for implementation in the models. In a previous FE model of the TF 
joint, Haut et al. (2002) assumed that the value of the elastic modulus of the meniscal inser-
tional ligaments is similar to that of the anterior cruciate ligament (ACL); they used 111 MPa. 
In this thesis the insertional ligaments were modelled as non-compressive linear 
springs that connected the meniscal horns with a single node on the tibial plateau that repre-
sented the insertion site; this approach was taken in order for the meniscus to be able to pivot 
about its tibial attachment. The stiffness value for these springs was determined by assuming a 
300 MPa average elastic-modulus value for each insertional ligament (Butler et al. 1986; Race 
and Amis 1994; Quapp and Weiss 1998), an average cross sectional area for each attachment 
according to the values reported in Kohn et al. (1995) and an average length, defined as the dis-
tance from the centre of the horn to the centre of the corresponding attachment site; this re-
sulted in different values of stiffness per horn. The total ligament stiffness per horn was se-
lected to be distributed over a number of springs. A summary of the modelling parameters is 
presented in Table 4.4. 
Parameter 
Meniscal attachments 
MA MP LA LP 
Young's modulus [MPa] 300 300 300 300 
Insertion area [mm^] 93 80 93 115 
Length [mm] 13.4 15.2 10.1 12.7 
Horn stiffness [N mm"'] 2075 1575 2750 3430 
Number of springs 14 45 21 45 
Stiffness per spring [N mm"'] 148.2 35 131 7&2 
Table 4.4: Insertional ligament modelling parameters. 
MA; medial anterior, MP: medial posterior, 
LA: lateral anterior, LP: lateral posterior. 
In order to model the springs as non-compressive, their stiffness was input as a step 
function of the spring's elongation; 
x>0 
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where k is the stiffness assigned to the spring and x is its elongation. 
4.2.4 FE Modelling of the TF joint (the generic model) 
In this section boundary and loading conditions for the models of the TF joint are ex-
plained and specific numerical issues of the FE analysis are presented. 
Boundary conditions 
An 800 N (one body weight - BW) load was applied to the femur along the tibial long 
axis, thus along the z-axis of the global coordinate system. Since the femur was modelled as a 
rigid body, two nodes in space were associated with it in MSC.Marc; the control node and the 
auxiliary node. Displacements and loads were applied to the control node, which also served as 
the rigid body's centre of rotation. Rotations were applied to the auxiliary node. The control 
node was taken as the origin of the femoral coordinate system and the auxiliary node as the 
origin of the global coordinate system (the auxiliary node could have been assigned to any arbi-
trary node in space). 
The tibia was fully constrained. Femoral and tibial cartilage and menisci were fully un-
constrained to freely deform. The femur was constrained in flexion-extension (F/E), as F/E de-
fines the specific angle of flexion, and in anterior-posterior drawer (A-P) and internal-external 
rotation (I/E); varus valgus (V/V), mediolateral translation (M-L) and axial translation (the 
loading direction) were left unconstrained. The application of such constraints to the femur was 
arrived at after sensitivity analysis to boundary conditions was conducted (Chapter 5). 
Contact problem 
One of the most challenging tasks of an FE solver is to deal with contact between bod-
ies. Contact analysis is a constrained minimisation problem, where the basic constraint is "no 
penetration". In three-dimensional deformable-body contact in MSC.Marc a multipoint con-
straint is imposed, such that the contacting node should be able to slide on the contacted seg-
ment according to the user input parameters, leading to a non-homogeneous, non-linear con-
straint equation. MSC.Marc realises contact by implementing a contact tolerance value (a dis-
tance value). This means that if a node is within the contact tolerance, it is considered to be in 
contact with the body-segment. The contact tolerance was not manually assigned, but the de-
fault calculation was preferred, which was 5% of the smallest side of the element in the model. 
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In the TF joint problem, contact occurs between femur - femoral cartilage, femoral car-
tilage - tibial cartilage, tibial cartilage - tibia, medial meniscus - tibial cartilage, medial menis-
cus - femoral cartilage, lateral meniscus - tibial cartilage and lateral meniscus - femoral carti-
lage (Figure 4.4). Contact in a bone - articular cartilage interface was treated differently than 
contact in a cartilage - cartilage or a cartilage - meniscus interface. In the former cases, the two 
bodies were attached in such a way that tangential motion was not allowed {glued contact), 
simulating the firm attachment of the articular cartilage to its bone. On the contrary, in contact 
between femoral cartilage and tibial cartilage and between cartilages and mensici, tangential 
motion was allowed {touching contact) (Figure 4.4). Therefore, relative movement according to 
mechanical equilibrium could occur between femur, tibia and menisci. Finally, the contact in-
terfaces were assumed to be frictionless, as the coefficient of friction in joints with synovial 
fluid has been measured to be negligible (approximately 0.02) (Scholes et al. 2004). 
COHTACT TABLE PROPERTIES SECOND 
BODY NAME BODY TYPE 
FIRST 
cbodyTC_Lat delormable 
cbodyMM deformable 
cbodyTC Med detormable 
cbodyLM deformabl 
rigid 
cbodyTibia 
Figure 4.4: Contact table properties in MSC.Marc. 
T: touching contact, G: glued contact, cbody: contact body. 
FC: Femoral cartilage, TC_Lat: Lateral tibial cartilage, MM: Medial meniscus, 
TC_Med: Medial tibial cartilage, LM: Lateral meniscus. 
Numerical solution 
The problem was highly non-linear and poorly conditioned due to the contact problem, 
the arbitrary geometry, the material properties (with Poisson's ratios reaching 0.5) and the large 
deformations expected for the cartilaginous tissues under load. For these reasons a large dis-
placement, large strain (updated Lagrange) approach was executed. A multifrontal sparse 
solver was recruited and the iterative procedure used was the full Newton-Raphson. Loading 
was implemented incrementally, commencing at 0.5% of the total load at the first increment 
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and increasing by a factor set by the solver according to the previous convergence step; the 
maximum factor of increase allowed was set at 20% of the load at the previous increment. 
Convergence checking was performed at each increment on both residual load and displace-
ment; the increment was deemed to have converged if one of the two converged. The residual 
load criterion was based on the ratio of maximum residual load (absolute value) over maximum 
reaction force (absolute value). The displacement criterion was based on the ratio of maximum 
displacement (absolute value) of the last iteration over actual displacement change (absolute 
value) of the increment. For both criteria the tolerance value (ratio) was set at 0.1. 
A common numerical difficulty encountered at the onset of contact-problem simula-
tions, in which there is no initial contact between all bodies, is rigid body modes. This happens 
because the determinant of the stiffness matrix becomes non-positive definite, due to uncon-
strained degrees of freedom in structures that are not initially in contact. In order to circumvent 
this problem non-linear springs had to be added in the model. However, they were necessary 
only in the first increments until initial contact was achieved. Therefore, their stiffness value 
was set to decrease rapidly after the first increments (Figure 4.5). Ten springs were added, all 
connecting the femoral cartilage with nodes fixed in space. A sensitivity study was conducted 
in order to define the stiffness value of the springs at the first increment; this value was selected 
to be 0.1 N mm"', which imposed a total force of 0.5 to 1 N at increment one. However, the 
force imposed by the springs was reduced tenfold after 10% of the total increments (hence total 
load) had been executed; this force value was less than the 0.1% of the total compressive force 
applied to the femur (800 N). 
Henceforth, the models at each angle of knee flexion created with the method described 
above are referred to as the generic models. 
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Figure 4.5: Rigid body mode spring stiffness per increment. 
4 . 3 RESULTS 
Results are presented for the menisci and the underlying tibial articular cartilage at 0, 
10, 20, 30, 40 and 60° of knee flexion under an 800 N compressive load. The normal stresses in 
the tibial cartilage are presented in a bar chart (Figure 4.7) and as contour maps (Figure 4.11). 
Similarly, the shear stresses in the tibial cartilage are presented in a bar chart (Figure 4.7) and 
as contour maps (Figure 4.11), Maximum principal stresses are presented for the menisci in a 
bar chart (Figure 4.8) and as coloured arrows (Figure 4.10) indicating magnitude (colour) and 
direction (arrows). The bar charts represent values of peak normal and shear stress in the carti-
lage and peak maximum principal stress in the menisci; the latter were selected from the tissue 
bulk, away from the horns. For clarity, the contour-maps show values within a range. Meniscal 
extrusion (Figure 4.8) and meniscal horn excursion (Figure 4.9) are also presented. Finally, car-
tilage-to-cartilage contact area is illustrated in three dimensional maps (Figure 4.6). 
The results show that articular contact moves posteriorly with knee flexion 
(Figure 4.6). At 0° flexion contact was centred on medial and lateral tibial plateaux and was 
primarily between femoral and tibial cartilage. The cartilage-to-cartilage contact area decreased 
with knee flexion and the femoral condyles moved towards and onto the posterior horns of the 
menisci, thus pushing the tissue outwards. The posterior translation of the mensical horns in-
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creased with flexion (Figure 4.9). Maximum radial extrusion (Figure 4.8) was observed to oc-
cur in medial and lateral directions at full extension and in postero-lateral and postero-medial 
directions at angles of flexion greater than 0° for the lateral and medial meniscus, respectively. 
In general, normal and shear stresses in the tibial cartilage increased with knee flexion, 
except for normal stresses in the lateral tibial cartilage which were observed to exhibit a rela-
tively constant value for flexion angles greater than 30°. However, this is because the peak 
stresses in the lateral side were located at regions close to the postero-lateral rim, where the 
cartilage is covered by the meniscus. In the region of cartilage-to-cartilage contact at the lateral 
side, normal and shear stresses were observed to increase with knee flexion (Figure 4.11). 
The meniscal maximum principal stress directions were predominantly circumferential; 
this means that the menisci were resisting tension in a circumferential direction. Compressive 
stresses were observed to occur superficially and at areas in direct contact (meniscus - femoral 
cartilage and meniscus - tibial cartilage interfaces). 
In general, meniscal maximum principal stresses increased with knee flexion, thus ex-
hibiting a trend similar to that observed for cartilage normal stresses. The peak principal 
stresses in the lateral meniscus exhibited a relatively constant value at flexion angles greater 
than 20°; nonetheless, their actual location on the tissue varied with flexion angle. 
The distribution of meniscal maximum principal stresses and the location of their peak 
values - therefore the region resisting tension - varied with knee flexion. In the medial menis-
cus, at flexion angles below 20° the peak values were located at the middle inner rim. At flex-
ion angles above 20° these were located mainly at the anterior half inner rim, but high values 
were also exhibited at the outer rim, slightly posterior. In the lateral meniscus, the peak values 
were located at the middle inner rim at full extension. However, at flexion angles above 10° 
these were located at the posterior-half outer rim. Also, the region exhibiting high values ex-
panded anteriorly with knee flexion (Figure 4.10). 
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Figure 4.6: Contact status in a posteromedial view of the tibial plateau. 
The tibia is shown in purple; menisci and tibial cartilage are shown in blue; they are pre-
sented deformed under an 800 N compressive load. 
Regions with 100% cartilage-to-cartilage contact are shown in yellow. 
Scale: 1.0 means 100% contact, 0.0 means 0% contact. 
X is lateral, Y is anterior, Z is proximal. 
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Figure 4.7: Peak normal compressive (left) and shear (right) stresses in the tibial cartilage 
(proximal surface) under an 800 N compressive load. 
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Figure 4.8: Peak maximum principal stresses in (left) and radial extrusion (right) of the 
menisci under an 800 N compressive load. 
50 
Chapter 4 - Modelling TF joint articular contact with FE: a kinematic approach 
10 20 M M 
Angle of flexion ["] 
I 6 
5 5 -
3 -
E 2 -
-MA 
10 20 30 
Angle of flexion [ 
Figure 4.9: Posterior translations of the meniscal horns. 
Left: Results under an 800 N compressive load (this study). 
Right: Comparison of the current study's results for the medial meniscus to data of Tie-
nen et al. (2005) for a combination of 200 N axial and 90 N rectus femoris loads. 
MA: medial anterior, MP: medial posterior, LA: lateral anterior, LP: lateral posterior, 
(T): according to data of Tienen et al. (2005). 
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Figure 4.10: Meniscal maximum principal stress distribution (coloured arrows indicating 
magnitude [MPa] and direction). 
The outline of lateral and medial tibial cartilage is also shown. 
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Figure 4.11: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) 
under an 800 N compressive load. 
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Figure 4.12: Shear stress distribution [MPa] in the tibial cartilage (proximal surface) un-
der an 800 N compressive load. 
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4 . 4 DISCUSSION 
A three dimensional FE model of the TF joint was constructed in order to investigate 
the mechanical behaviour of the joint under axial compression at various angles of flexion, with 
the main focus being meniscal mechanics. Although similar models have been presented previ-
ously in the literature, none of them investigated articular mechanics at flexion angles other 
than full extension. Furthermore, there is no numerical study having quantified meniscal mo-
tion and no numerical or experimental study having quantified stresses in the menisci. The cur-
rent model was constructed using M R images to acquire geometry and kinematic data to define 
the relative position of the structures at various angles of flexion. Transversely isotropic proper-
ties were assigned to the menisci and isotropic properties to the articular cartilage; the bones 
were assumed rigid. Articular contact was studied under one BW loading (800 N). 
The menisci were shown to primarily resist tension by developing hoop stresses, as 
maximum principal stresses were primarily orientated in a circumferential direction. Articular 
cartilage resisted in compression. Articular contact moved posteriorly with joint flexion. Carti-
lage-to-cartilage contact areas decreased with joint flexion up to 30° flexion, but between 30 
and 60° flexion they were similar; this was probably due to femoral roll-back, whereby the 
femoral condyles are known to move anteriorly and roll back posteriorly with knee flexion be-
tween 30 and 90° flexion, thus the centre of contact remains relatively constant (Iwaki et al. 
2000). This was effectively imposed by the input kinematic data; it was not a result of the simu-
lations. 
Shear stresses were observed to occur primarily at regions of significant gradient in 
bone geometry. These were mainly at the edges of cartilage-to-cartilage contact, at the ridge of 
the medial tibial slope and close to the tibial rim postero-laterally and postero-medially under-
neath the lateral and medial meniscus, respectively. In the lateral side this was due to the con-
vexity of the lateral tibial plateau, whereas in the medial side this was due to the concavity of 
the medial tibial plateau. 
Although this is beyond the scope of the current study, it is worth noting the shear 
stress pattern in the tibial cartilage with joint flexion. The mechanism for cartilage breakdown 
and formation of cartilage lesions remains elusive; it has been suggested that biological and 
mechanical factors alike contribute to the articular cartilage failure mechanism. Regarding the 
mechanical factors, normal compressive stresses in the cartilage, which are the most common 
output of numerical and experimental TF joint studies, do not provide information for cartilage 
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breakdown; rather, one should look into tensile and pure shear stresses to predict possible 
causes and patterns of cartilage failure (Andriacchi et al. 2004). Shear stress patterns resulting 
from the current study could serve as indication for possible initiation of cartilage breakdown. 
In high angles of flexion the normal stresses in the cartilage beneath the meniscus are 
greater than the stresses at regions of cartilage-to-cartilage contact. Indentation data suggest 
that cartilage covered by the meniscus has a greater modulus than the uncovered cartilage 
(Thambyah et al. 2006); from this it can be deduced that this region of the cartilage is subjected 
and has to withstand greater loads, but it is also thinner than the more central regions. It is be-
yond the scope of this thesis, but this observation should be addressed in future modelling and 
its effect quantified in terms of articular mechanics. 
4.4.1 Results 
Values of stresses in FEA are assigned to nodes. The value of peak normal stress in the 
cartilage was not selected as the maximum nodal value among the cartilage nodes; rather, it 
was selected as the value which at least two cartilage nodes had exhibited. This ensured that 
any artificially increased peak values due to mesh irregularities (nodes slightly sticking out of 
the otherwise smooth surface) would be excluded. 
The peak value of meniscal maximum principal stress was selected from the meniscal 
bulk region, thus excluding the regions close to the horns. This ensured that mathematical sin-
gularities which artificially increased the stresses due to the boundary (insertional ligaments) 
would be excluded. Furthermore, the actual peak maximum principal stress value was selected 
in a similar manner as the peak normal stress value in the cartilage. 
Radial extrusion was calculated using the local, meniscal, cylindrical coordinate system 
(Appendix III). Maximum meniscal radial extrusion was selected as the maximum nodal value 
of translation in the radial sense. 
4.4.2 Comparison with other studies 
In order to assess the credibility of the current study's results, these were compared 
with relevant outcomes of experimental literature studies. The variables measured primarily in 
the experimental literature are meniscal horn translations and tibial cartilage normal stresses. 
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Horn translation 
Horn translations at different angles of flexion have been measured by various investi-
gators. Vedi et al. (1999) MRI scanned sixteen young, healthy footballers from full extension to 
90° flexion in vivo whilst weight bearing. Results for meniscal horn translations are available 
only as mean values across the whole flexion range (Table 4.5). Rankin et al. (2006) conducted 
a similar study to compare native with transplanted meniscal motion when weight bearing in 
seven patients that had undergone meniscal transplantation in one knee. Again, results are 
available only as mean values across the whole flexion range (Table 4.5). Tienen et al. (2005) 
MRI scanned six cadaveric knee specimens loaded with a 200 N axial force and a 90 N pull on 
the rectus femoris muscle at specific knee-flexion angles (Figure 4.13). 
Study 
Meniscal horn posterior translation [mm] 
MA MP LA LP 
current 6.2 3.7 3.7 3.0 
Vedi et al. (1999) 7.1 ± 2 . 5 3.9 ± 1.8 9.5 ± 4 . 0 5.6 ± 2 . 8 
Rankin et al. (2006) 6 ± 6 4 ± 3 8 ± 8 1 0 ± 2 
Table 4.5; Average values for posterior translations of the meniscal horns across joint 
flexion. 
The experimental studies are average values from 0 to 90° joint flexion. 
The current study is an interpolated value for 40-50° joint flexion. 
MA: medial anterior, MP: medial posterior, LA: lateral anterior, LP: lateral posterior. 
All values are mean ± S.D. 
Figure 4.13 presents meniscal anterior (MA) and posterior (MP) horn translations of 
the medial meniscus at flexion angles up to 60° from the current study and from the studies of 
Vedi et al. (1999) and Tienen et al. (2005). It can be observed that the pattern predicted by the 
model with which the posterior translation of both horns increases with knee flexion is similar 
to that reported in Tienen et al. (2005); the actual values are different, but this discrepancy was 
expected due to the different loads applied in each study. An average value from the current 
study's horn excursions cannot be directly compared to data from Vedi et al. (1999) and Rankin 
et al. (2006) since they calculated an average value based on a 0-90° range of knee flexion 
whereas the current study comprises results up to 60° flexion. However, data from Tienen et al. 
show that horn excursion increases only slightly from 60 to 90° flexion. These observations 
suggest that the average value for horn excursion between 0 and 90° flexion can be approxi-
mated by the value exhibited in the region of 40-50° flexion. By comparing an extrapolated 
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value predicted by the current model for 40-50° flexion with the aforementioned experimental 
values it can be observed that there is good agreement for the medial meniscus, with predicted 
values falling within one standard deviation (Table 4.5). Values for the horns of the lateral me-
niscus are not in such good agreement with experimental observations. This could be due to the 
stiffness or the actual location of insertion sites of the lateral insertional ligaments. This is ftir-
ther explored in Chapter 6. 
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Figure 4.13: Posterior translations of the medial meniscal horns at various angles of flex-
ion. 
Comparison of the current study's results with data of Tienen et al. (2005) (for a combi-
nation of 200 N axial and 90 N rectus femoris loads) and Vedi et al. (1999) (for a weight 
bearing joint). 
MA: medial anterior, MP: medial posterior, (T): according to data of Tienen et al. (2005), (V): 
according to data of Vedi et al. (1999). 
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Contact stresses 
Experimental identification of stresses in the tibial cartilage in vitro using pressure 
films on the tibial plateau has been the aim of several studies in the literature (Table 4.6). The 
differences in experimental method and protocol employed (e.g. load applicator, load value, 
pressure film, autograft), but also the variability among specimens themselves is reflected in 
the relatively large span in reported values and in the standard deviations. Due to the aforemen-
tioned reasons and because none of the experimental studies employed a similar protocol to the 
current study, the results of the current study cannot be directly compared against values re-
ported in the literature. Nonetheless, it can be said that the resulting tibial cartilage peak 
stresses in the current study are of the same order of magnitude as the values reported in the 
literature. 
Load Angle of Pressure Peak tibial cartilage 
Study Location [N] flexion [°] film contact stresses [MPa] 
McDermott Lateral 700 0 Fuji 2 - 8 
et al. (2008) 
Dienst et al. Lateral 1000 0 Pressurex 1.3 ± 0 . 4 
(2007) 30 1.4 ± 0 . 6 
Huang et al. Lateraf 1200 0 Fuji 7.4 
(2002) 15 6.7 
30 6.0 
45 6.5 
Chen et al. Lateral 310 0 Inteque 2.0' 
(2001) 30 
60 
Allaire et al. Medial 1000 0 Fuji 5.2 ± 0 . 2 
(2008) 30 4.5 ± 0 . 2 
60 5.5 ± 0 . 2 
90 5.3 ± 0.2 
Sekaran et al. Mediaf 1200 0 Fuji 3.1 
(2002) 15 3.8 
30 3.7 
45 4.0 
Baratz et al. Medial 1800 0 Fuji 1.5 ± 0 . 5 
(1986)^ 
Ahlalki et al. Medial 1000 0 Fuji 2.8* 
(1999) 15 
30 
45 
' autograft 
^ 1 DoF apparatus; only axial translation 
average value across the angles of flexion tested 
Table 4.6: Peak normal compressive stresses [MPa] in the tibial cartilage measured ex-
perimentally. 
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4.4.3 Modelling issues - Limitations 
The modelling approach employed in the current study was static, looking at the me-
chanical behaviour of the joint under a compressive force at various angles of flexion. The joint 
was positioned at each angle of flexion according to physical kinematic data, which, therefore, 
included the kinematic effect of the constraints provided by the ligaments. Thus, the major 
ligaments of the knee joint were not modelled, as their contributions to the mechanical behav-
iour of the joint have been incorporated through positioning. This approach could be character-
ised as a semi-constrained, kinematic approach. 
Mesh generation 
In light of a subject-specific model, a method for acquiring the geometry of the struc-
tures in vivo is necessary. Specifically, for modelling soft tissues the best method so far is MR 
imaging. The amount of information a sequence of MR images can reveal is limited by the 
specification of the MR scanner. Haut et al. (2002) employed a laser-based, non-contacting, 
digitizing system with 8 jum accuracy to acquire the geometry of the soft tissues in vitro for 
their FE model of the TF joint. Although this method can produce geometrical entities with 
substantially better accuracy than a sequence of MR images, it is limited to cadaveric speci-
mens. 
The problem that emerged by using MR images to acquire the tissue contours was the 
inability to segment a significant part of the meniscal tissue. The first of the meniscal wedge 
(cross-section) is very thin and, as a result, was lost during manual segmentation of the MR 
images; therefore, the generic models should be considered as partially meniscectomised and 
the results presented in this thesis should be considered with such understanding. Specifically, 
actual values of tibial cartilage contact stresses and contact areas should be expected to be arti-
ficially greater than if the meniscal tissue was present in its full width. However, for the pur-
poses of this thesis, this loss of information is not expected to affect the qualitative and com-
parative results presented. 
It should be noted that there is no rigorous and robust enough procedure for automatic 
segmentation of MR images in the literature (Rajon and Bolch 2003; Kang et al. 2004); there-
fore, the commercial software package Amira was used for manual segmentation of the various 
structure contours. The software did not have the ability to create quadrilateral elements, hence 
the model was made of triangular surface and tetrahedral solid elements. 
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Mater ia l p roper t ies 
In the generic models and in the models that will be presented later in the text the bony 
structures were assumed to be rigid. In an FE model of the TF joint, Haut et al. (2002) found 
that a rigid-bone approach when compared to a deformable approach, with both trabecular and 
cortical bony parts modelled, resulted in at most a 2% difference in all contact variables and at 
the same time was twice as fast. In addition, a rigid representation of a structure in MSC.Marc 
allows control of its motion in six DoFs; if the bones were approximated by elements (hence 
were deformable), this would not be possible. This was an essential attribute for the implemen-
tation of the loading and boundary conditions in the semi-constrained approach employed in 
the current study. 
Articular cartilage is a highly non-linear, inhomogeneous, living material; this renders 
the characterisation of its material properties an almost impossible task. Attempts to model its 
mechanical behaviour in the literature have used elastic (Hayes et al. 1972; Shepherd and 
Seedhom 1999; Park et al. 2004), viscoelastic (Hayes and Mockros 1971), biphasic (Mow et al. 
1980), triphasic (Lai et al. 1991), poroelastic (Mak 1986), transversely isotropic and biphasic 
(Donzelli et al. 1999; Garcia et al. 2000), fibre-reinforced and poroelastic (Li et al. 1999b), but 
also inhomogeneous approaches (Li et al. 2000; Li et al. 2002). All such approaches require 
estimation of material parameters by using optimisation techniques, whereby the material pa-
rameters were fitted so that the experimental data and model predicted data were in the closest 
possible agreement. However, no penalty functions were introduced to constrain the estimated 
parameters within certain limits, no error estimation was conducted for the parameters and no 
sensitivity analysis was performed to address the significance of each parameter to model be-
haviour. Significantly, common material parameters in various models have significant differ-
ences (up to 300%), yet fit the corresponding experimental data. Therefore, the credibility of 
such results and, moreover, their actual use in clinical application or in larger-scale modelling 
(e.g. joint models) remains questionable. 
Phenomenological models have also been developed for the articular cartilage but to a 
lesser extent (Klisch 2006). These models, rather than relating the macroscopically observed 
mechanical behaviour to the tissue's microstructure in order to create the model, aim to con-
struct stress-strain constitutive equations in order to predict the tissue's behaviour. Such an ap-
proach could eventually produce an accurate biomechanical model of the tissue and hence pro-
vide a full understanding of the tissue's structure-related behaviour. Still, parameters that do 
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not necessarily correlate to the tissue's actual material properties need to be fitted; up to date, 
the values of these parameters have not been evaluated. 
The more features of the tissue's microstructure one wants to include when construct-
ing a model, the larger the number of material parameters to be determined/estimated and, cor-
respondingly, the larger the error margin and the uncertainty of the result, thus the less utilis-
able. All FE models of the TF joint found in the literature that include articular cartilage char-
acterise it as a linearly elastic, isotropic and homogeneous structure (e.g. (Bendjaballah et al. 
1995; Haut Donahue et al. 2002; Penrose et al. 2002; Pena et al. 2005)). They assume that load-
ing frequency (the time from nil to peak load) is higher than 1 Hz, above which it is generally 
appreciated that articular cartilage behaves as linearly elastic, isotropic and homogeneous, as 
fluid flow has not yet commenced (Oloyede et al. 1992; Goldsmith et al. 1996; Shepherd and 
Seedhom 1999). 
The meniscus is also a highly non-linear, inhomogeneous, living material, similar to ar-
ticular cartilage. Attempts to model the meniscus alone have not been as many as for articular 
cartilage. These have been reviewed in Chapter 3. 
The insertional ligaments were modelled as non-compressive linear springs connecting 
the meniscal horns with a single node at the centre of the insertion site. More sophisticated 
modelling approaches for the insertional ligaments could include non-linearity of the springs to 
model the toe region of their load-elongation curve or the springs to attach to the whole inser-
tion area rather than to a single node and introduce data for initial strain at each spring. Such 
approaches were not considered mainly due to lack of experimental data; retrospectively, the 
model-predicted meniscal motion and overall biomechanics are in-line with experimental data, 
hence re-assessment of the insertional ligament modelling was not judged necessary at this 
stage of model development. Model behaviour sensitivity to insertional ligament parameters is 
further explored in Chapter 6. 
Boundary conditions 
The constraints applied to the femur were arrived at after sensitivity analysis to bound-
ary conditions was conducted (Chapter 5). When I/E rotation and A-P translation were left un-
constrained they were imposing unrealistically large I/E rotation and A-P translation of the 
femoral complex and, in turn, unrealistically large posterolateral translations of the lateral me-
niscus. This was probably due to the convexity of the lateral tibial plateau and the absence of 
the ACL, which is known to resist anterior drawer (Amis et al. 2004). It should be noted that 
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the initial position of the menisci relative to the tibial plateau was the same at all angles of flex-
ion; the menisci acquired their final position under load at each angle of flexion at the end of 
the simulation. 
4 .5 CONCLUSION 
A three dimensional FE model of the TF joint was presented based on a semi-
constrained, kinematic approach. M R imaging data and physical, kinematic data were used to 
create models for knee joint flexion angles of up to 60°, the mechanical behaviour of which 
was studied under a one body weight, axial, static load. The predictive ability of the models 
was assessed by comparing the results with experimental data on meniscal motion and contact 
stresses from the literature. Tibiofemoral joint biomechanics under load predicted by the mod-
els were in-line with the known joint behaviour. The menisci, firmly attached at their horns by 
insertional ligaments, were loaded in tension by developing hoop stresses, increasing their cir-
cumference and radially extruding off the joint surfaces. Articular cartilage was resisting in 
compression and contact was established more posteriorly with increasing joint flexion. 
However, the combination of the various aspects in this model development renders a 
certain degree of model 'simplification' unavoidable. For the predictive ability of a model to be 
trustworthy these simplifications have to be investigated, at least to some degree, and according 
to the findings the model may need to be re-assessed. The following chapters are devoted to 
such an investigation through sensitivity analysis. 
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SENSITIVITY ANALYSIS 
5.1 INTRODUCTION 
5.1.1 General introduction and aim 
Sensitivity analysis can be defined as the study of how variations in input data of a nu-
merical model affect its output variables. This analysis is key in assessing robustness, reliability 
and validity of a numerical model, but also in identifying the input parameters which predomi-
nantly define the output response (Saltelli et al. 2000; Anderson et al. 2007). 
In modelling the TF joint, a number of input data are associated with significant uncer-
tainties. The main sources of uncertainty in the models described are the material properties of 
the tissues. Therefore, sensitivity analysis was run to assess the effect of these parameters to 
model response. In addition, the models described in this thesis are based on a novel, semi-
constrained kinematic approach, whereby the effect of the main knee ligaments on joint kine-
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matics at each angle of flexion has been incorporated through the physical datasets used to po-
sition the structures relative to each other at each angle of flexion. Furthermore, as discussed in 
Chapter 2, other FE models of the TF joint have imposed non-physiological constraints in their 
simulations and arrived at strongly expressed conclusions based on them (Bendjaballah et al. 
1995; Pena et al. 2005). Hence, in order to evaluate the viability of the main assumption gov-
erning the models in this thesis and to generally assess the effect of constraints in the mechani-
cal behaviour of the joint, a sensitivity analysis was run whereby the degree of constraint in 
joint motion was varied. 
This chapter presents a sensitivity analysis of the model to boundary conditions and to 
the material properties of articular cartilage and menisci. Sensitivity of the model to the mate-
rial properties of insertional ligaments is discussed extensively in Chapter 6. 
5.1.2 Design of sensitivity analyses 
All sensitivity analyses in this thesis follow the one-parameter-at-a-time (OAT) princi-
ple, whereby the effect of each parameter is assessed individually, hence independently of all 
other parameters. The combined effects of several parameters on the behaviour of the model 
are beyond the scope of this thesis. Also, the effect of each parameter was examined at two an-
gles of flexion, namely 0 and 30° joint flexion. Therefore, simulations were run at 0 and 30° 
flexion using the protocol described in Chapter 4 and in each simulation only one parameter 
was altered each time. 
Sensitivity of the model to the aforementioned parameters was assessed quantitatively 
by investigating peak normal and shear stresses in the articular cartilage, peak maximum prin-
cipal stresses in the menisci and meniscal horn translations but also qualitatively by looking at 
contour maps of normal and shear stress distribution over the articular cartilage and maximum 
principal stress distribution within the menisci. 
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5.2 MODEL SENSITIVITY TO BOUNDARY CONDITIONS 
5.2.1 Method 
The generic model (Chapter 4) was run with flexion-extension (F/E), internal-external 
(I/E) rotation and anterior-posterior (A-P) translation of the femur constrained. Sensitivity 
analysis was performed by additionally constraining or unconstraining one or more DoFs each 
time when compared to the generic model. F/E was constrained in all simulations since it de-
fined the angle of knee flexion and axial translation was unconstrained in all simulations since 
it coincides with the direction of load application. Table 5.1 shows the various jobs (simula-
tions) that were run and the corresponding boundary conditions. 
constrained DoF 
j o b n a m e F/E v/v I/E M-L A-P 
job_-IE y / 
job -AP y / 
generic / / 
job +VY y 
job +ML y y y 
job +VV+ML y y y 
Table 5.1: Boundary conditions used for the sensitivity analysis. 
Each simulation (job) was run with the corresponding constrained DoFs. 
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5.2.2 Results 
Results are presented for the menisci and the tibial articular cartilage at 0 and 30° of 
knee flexion for the various boundary conditions under an 800 N compressive load. Normal 
stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 5.1) and as con-
tour maps (Figure 5.2, Figure 5.4), Maximum principal stresses in the menisci are presented as 
coloured arrows (Figure 5.3, Figure 5.5) indicating magnitude (colour) and direction (arrows). 
In all figures that comprise contour maps the left column displays the less constrained cases 
(fewer DoFs constrained) compared to the generic case whereas the right column displays the 
more constrained cases. Similarly, in the bar charts (Figure 5.1) the degree of constraint in-
creases from left to right. Finally, Table 5.2 presents peak cartilage normal compressive 
stresses and their percentage differences from the corresponding values exhibited in the generic 
model. 
Peak normal compressive stresses in the tibial cartilage 
Flexion Stresses [MPa] Percentage difference from generic 
j o b n a m e angle [°] Medial Lateral Medial Lateral 
job_-IE 0 1.5 2.1 7 11 
30 2.4 3.8 -17 58 
job -AF 0 1.85 2.1 32 11 
30 2.3 Z45 -21 2 
generic 0 1.4 1.9 
30 2.9 2.4 
job + W 0 1.6 1.4 14 -26 
30 2 7 5 2.7 -5 13 
job +ML 0 1.55 1.95 11 3 
30 3.5 2.4 21 0 
job + W + M L 0 1.75 1.2 25 -37 
30 3^5 2.45 22 2 
Table 5,2: Peak normal compressive stresses in the tibial cartilage (proximal surface) for 
various boundary conditions. 
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Change from input kinematics 
Flexion Rotations [°] Translations[mm] 
j o b n a m e angle [°] Abduction Rotation Lateral Anterior 
job -IE 0 -0.33 1.81 0.07 0 
30 0.67 -15.9 -0.14 0 
job -AP 0 1.07 0 0.04 0.69 
30 0.46 0 -1.33 6.98 
generic 0 -0.28 0 0.03 0 
30 0 0.88 0 
job + W 0 0 0 -0.08 0 
30 0 0 -0.71 0 
job +ML 0 0.06 0 0 0 
30 -0.01 0 0 0 
job +VV+ML 0 0 0 0 0 
30 0 0 0 0 
Table 5.3: Comparison of the kinematics (expressed by the JCS six DoFs) before and after 
application of the load for various boundary conditions. 
Large differences are shown in bold. 
Unconstrained I/E rotation 
Unconstraining I/E rotation was observed to have a substantial effect in terms of both 
joint mechanics and meniscal motion. At 0° flexion the peak normal compressive stresses in the 
articular cartilage and the contact areas were similar to the values exhibited in the generic 
model; however the location of contact in the medial side was observed to occur more posteri-
orly when compared to the generic model; lateral contact was similar to that in the generic 
model. 
At 30° flexion the effect of unconstraining I/E rotation was dramatic. The femur was 
observed to externally rotate by 16° (Table 5.3) by pushing the lateral meniscus "downhill" the 
convex lateral tibial plateau. This resulted in a significant increase (140%) in hoop stresses in 
the lateral meniscus and in peak normal compressive stresses in the lateral tibial cartilage 
(58%); these peak stresses were now located in the cartilage covered by the lateral meniscus; a 
16% decrease in peak normal compressive stresses in the medial tibial cartilage also occurred. 
Unconstrained A-P translation 
At 0° flexion the final relative position of the joint structures was similar to that in the 
generic model. However, the normal compressive stresses in the cartilage were significantly 
increased (32%) in the medial side. 
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At 30° flexion the femur equilibrated 7 mm more anteriorly to the original position 
(Table 5.3). The final position of the medial femoral condyle was within the concavity of the 
medial tibial plateau, minimally contacting the posterior horn of the medial meniscus. Carti-
lage-to-cartilage contact area increased and in turn cartilage normal stresses decreased; menis-
cal hoop stresses significantly decreased. In essence, contact was established at a location simi-
lar to that at full extension and stresses in cartilage and menisci exhibited similar values to 
those at full extension. 
Constrained V/V 
Additionally constraining V/V substantially afl'ected articular mechanics of the TF joint 
at full extension. The peak normal compressive stresses in the articular cartilage increased in 
the medial side (14%), but decreased in the lateral side (-26%) when compared to the values in 
the generic model. A similar effect was observed in the meniscal hoop stresses; approximately 
60% increase in the medial meniscus and 30% decrease in the lateral meniscus. Hence the main 
effect of additionally constraining V/V at full extension was medialisation of articular contact. 
At 30° flexion contact location and stresses in cartilage and menisci exhibited similar 
values to the generic model. 
Constrained M-L translation 
Additionally constraining M-L translation of the femur had no effect on articular me-
chanics of the TF joint at 0° flexion. Peak normal compressive stresses in the articular cartilage 
and maximum principal stresses in the menisci exhibited similar values to the generic model. 
Also, the location of contact was similar to that observed in the generic model. 
Conversely, at 30° flexion the normal compressive cartilage stresses exhibited similar 
behaviour to that of constrained V/V at full extension. That is, the peak normal compressive 
stresses in the articular cartilage increased in the medial side (21%), but remained unchanged in 
the lateral side when compared to the values in the generic model. Hence, the main effect of 
additionally constraining M-L translation of the femur at 30° flexion was a medial shift of the 
articular contact. 
Constrained V/V and M-L translation 
In this extreme case of constraint the femur was allowed only to translate axially; the 
articular mechanics of the TF joint were significantly altered. At both 0 and 30° flexion the 
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normal compressive stresses in the tibial cartilage were significantly increased medially and 
significantly decreased laterally. Meniscal hoop stresses exhibited a similar trend to the tibial 
normal stresses at both angles of flexion. The cartilage-to-cartilage contact area in the lateral 
side was minimal. Overall, contact was predominantly occurring in the medial side and the me-
dial structures were carrying the majority of the load through the joint. 
• job_-IE 
• job_-AP 
• generic 
0 job_+VV 
E3 job_+ML 
® ]ob_+W+ML 
medial lateral medial lateral 
40% 
30% 
20% 
10% 
0% 
- 1 0 % 
-20% 
-30% 
-40% -
-50% -
CO 40% 
^ 30% 
o 20% 
tu 10% 
medial lateral medial lateral 
0° flexion 30° flexion 
Figure 5.1: Effect of boundary conditions on peak normal compressive stresses in the 
tibial cartilage. 
Top: Peak normal compressive stresses in the tibial cartilage. 
Bottom: Percentage increase of peak normal compressive stress in the tibial cartilage 
when compared to the generic model. 
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Figure 5.2: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various boundary conditions. 
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Figure 5.3: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous boundary conditions. 
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Figure 5.4: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various boundary conditions. 
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Figure 5.5: Meniscal maximum principal stress distribution [MPa] at 30° flexion for vari-
ous boundary conditions. 
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5.2.3 Discussion 
Every mathematical model of a natural system requires some degree of 'simplification' 
in order to render it manageable and able to converge to a solution. Since this 'simplification' is 
based on a number of assumptions, the ability of the model to meet its task depends on how 
'good ' these assumptions are. One of the major assumptions on which the models described in 
this thesis are based is that knee ligament-imposed kinematics are taken into consideration by 
positioning the structures relative to each other using physical kinematic data; therefore the ma-
jor knee ligaments were not included in the models. Hence, sensitivity analysis was carried out 
to assess the effect various levels of constraint in femoral motion would have on the mechani-
cal behaviour of the joint. 
Less cons t ra ined: I /E rota t ion and A - P t rans la t ion 
It is known that the cruciate ligaments act as primary stabilisers of the knee joint in A-P 
translation and secondary stabilisers in I/E rotation (Amis et al. 2004). This led to the hypothe-
sis in modelling design that these two DoFs had to be constrained. Unconstraining these two 
DoFs was expected to show joint behaviour of an unrealistic nature. 
Indeed, the results demonstrated a significant effect in model response when A-P trans-
lation and I/E rotation were not constrained. It should be noted that the significant effect in the 
mechanical behaviour of the joint would not have been captured if only full extension was con-
sidered. Indeed, unconstraining I/E rotation only slightly altered the articular mechanics at full 
extension; however, at 30° flexion kinematics and mechanics of the joint alike were signifi-
cantly different when compared to the generic model, whereby I/E rotation was constrained. 
The position that the femur acquired relative to the tibia at the end of load application at 30° 
flexion with I/E rotation unconstrained was non-physiological; the femur was excessively ex-
ternally rotated (16°, Table 5.3) and lateral tibial cartilage and meniscus exhibited unrealisti-
cally high compressive and tensile stresses, respectively. 
Similarly, when A-P translation was not constrained the position that the femur ac-
quired relative to the tibia at the end of load application at 30° flexion was non-physiological; 
the femur equilibrated at a more anterior position (7 mm) when compared to that suggested by 
the experimentally obtained kinematic data (Table 5.3). Essentially, the femur obtained a very 
similar final position to that obtained at full extension; the femur was lying in the middle of the 
lateral and medial concavities and the meniscal horns did not exhibit any posterior excursion. 
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In addition, cadaveric data (Iwaki et al. 2000) have shown that the centre of contact in the me-
dial plateau at 30° flexion is located approximately 6 mm more posterior to that at full exten-
sion. 
M o r e cons t ra ined: V / V and M - L t rans la t ion 
According to the physical kinematic datasets valgus angulation of the femur relative to 
the tibia ranged from approximately 5.2° at full extension to 4.8° at approximately 35° of knee 
flexion and then exhibited a relatively constant value up to 60° flexion. Also according to the 
data, the femur was located 2.6 mm medially relative to the tibia at full extension and shifted 
laterally by up to 2.0 mm at approximately 35° flexion; at flexion angles up to 60° the medial 
position of the femur relative to the tibia exhibited a relatively constant value ( -0 .6 mm). It is 
apparent that the range of relative positioning the bones with regard to V/V angulation from 0° 
to 60° flexion is only 0.4°. However, the absolute value entails uncertainty related to the ex-
perimental acquisition of the kinematic data. 
The results illustrated that constraining V/V angulation and/or M-L translation of the 
femur resulted in articular contact occurring primarily at the medial compartment The contact 
area in the lateral side was significantly decreased when compared to the generic simulations 
whereas the contact stresses in the medial side were significantly increased. Inasmuch as V/V 
rotation is concerned, the position of the femur relative to the tibia after load application was 
observed to have altered (by up to 1 °) when compared to the initial data in all simulations apart 
from when V/V rotation and/or M-L translations were constrained. Of course, these observa-
tions are valid for the specific input kinematic dataset used; a different set of V/V and M-L val-
ues could have resulted in a different contact pattern. Furthermore, Yao et al. (2008b) in their 
kinematically driven model, found that altering the input V/V angulation acquired from the 
loaded joint by up to 0.25° resulted in significantly different values of contact variables. There-
fore, the initial value of V/V angulation is expected to have an effect on the articular mechan-
ics, if V/V is to be constrained. 
The aforementioned observations suggest that V/V angulation and M-L translation of 
the femur should not be constrained in the semi-constrained kinematic approach presented in 
this thesis. Moreover, these observations suggest that V/V angulation and M-L translation pri-
marily define the share of load carried by the two femoral (and hence tibial) condyles. In previ-
ous TF joint models that included major knee ligaments (Bendjaballah et al. 1995; Pena et al. 
2005) V/V angulation of the femur was constrained. Therefore, in such simulations the TF joint 
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was not allowed to equilibrate according to relative balancing of soft tissues and articular ge-
ometry; the joint was predispositioned to equilibrate according to the initial relative V/V angu-
lation of the bones. Also, numerical data by Haut et al. (2002) who included ligaments in their 
TF joint model suggest that constraining V/V rotation could result in an up to 10% difference in 
contact variables at full extension. Furthermore, this effect has been known and appreciated by 
experimenters for many years. As far back as 1979, Seedhom designed a j ig to investigate the 
forces going through the soft tissues of the knee joint which included a system of pulleys to 
allow movement in V/V of the suspension plate on which the tibia was mounted. In conclusion, 
V/V angulation of the one bone relative to the other should not be constrained in numerical 
models of the TF joint that include knee ligaments nor in cadaveric experiments that investigate 
physiological knee function. 
5.2.4 Conclusion 
Sensitivity analysis of the model to boundary conditions proved to be a powerful tool 
in assessing model design and joint behaviour. The analysis showed that I/E rotation and A-P 
translation of the femur should be constrained and V/V angulation and M-L translation should 
remain unconstrained in the semi-constrained approach presented in this thesis; hence the ge-
neric models were run under this regime. Moreover, in TF models that include major knee 
ligaments, constraining V/V angulation and M-L translation of the femur relative to the tibia 
should be expected to have a significant impact to the articular mechanics of the bicondylar TF 
joint. 
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5.3 MODEL SENSITIVITY TO MATERIAL PROPERTIES 
5.3.1 Model sensitivity to articular cartilage material properties 
Method 
In order to investigate the sensitivity of the model to articular cartilage material proper-
ties, the Young's modulus of the articular cartilage (both femoral and tibial) was varied within 
a range of values reported in the literature; these ranged from 1 to 20 MPa (Hori and Mockros 
1976; Shepherd and Seedhom 1999; Easier et al. 1999; Korhonen et al. 2002; Hansen et al. 
2006). The Young's modulus value chosen for the generic models was 5 MPa; henceforth this 
value is referred to as the baseline value. Table 5.4 shows the values that were selected to run 
the sensitivity simulations. 
job name 
Articular cartilage material properties 
E [MPa] V % of baseline E 
lower 3 0.47 60 
baseline 5 0.47 -
higher 1 12J 0.47 250 
higher 2 25 0.47 500 
Table 5.4: Articular cartilage material properties used for the sensitivity analysis. 
Resul ts 
Results are presented for the menisci and the tibial articular cartilage at 0 and 30° of 
knee flexion for the various values of the Young's modulus of the articular cartilage under an 
800 N compressive load. Normal compressive stresses in the tibial cartilage are presented in a 
bar chart (peak values) (Figure 5.6) and as contour maps (Figure 5.7, Figure 5.9). Maximum 
principal stresses in the menisci are presented in a bar chart (peak values) (Figure 5.6) and as 
coloured arrows (Figure 5.8, Figure 5.10) indicating magnitude (colour) and direction (arrows). 
Also, peak normal compressive strains in the tibial cartilage are presented in a bar chart 
(Figure 5.6). 
The results illustrate a trend of increase in tibial cartilage normal compressive stresses, 
decrease in tibial cartilage normal compressive strains and decrease in meniscal hoop stresses 
with increase of articular cartilage Young's modulus. Nevertheless, the distribution of stresses 
over cartilage and menisci and the location of the peak values did not alter with variation of 
articular cartilage Young's modulus. 
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Peak tibial cartilage normal Peak meniscal maximum 
•^carti lage Angle of compressive stresses [MPa] principal stresses [MPa] 
[MPa] flexion [°] Medial Lateral Medial Lateral 
5 (generic) 0 1 . 4 1 . 9 2 . 6 4 . 0 
3 0 2.9 2 . 4 6 . 3 7 . 6 
Percentage difference from generic 
3 0 - 1 8 - 1 3 1 5 0 
3 0 - 2 4 - 1 7 0 - 1 4 
1 2 . 5 0 5 0 3 7 - 2 3 - 2 5 
3 0 6 6 2 9 - 5 - 1 3 
2 5 0 1 1 4 7 1 - 3 5 - 3 8 
3 0 1 7 6 7 5 - 2 4 - 1 8 
Table 5.5: Peak normal compressive stresses in the tibial cartilage and peak maximum 
principal stresses in the menisci for various values of articular cartilage material proper-
ties. 
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Figure 5.6: Effect of articular cartilage material properties on peak normal compressive 
stresses (top) and strains (middle) in the tibial cartilage and on maximum principal 
stresses in the menisci (bottom). 
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Figure 5.7: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various values of the articular cartilage Young's modulus. 
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Figure 5.8: Meniscal maximum principal stresses [MPa] at 0° flexion for various values of 
the articular cartilage Young's modulus. 
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Figure 5.9: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various values of the articular cartilage Young's modulus. 
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Figure 5.10: Meniscal maximum principal stresses [MPa] at 30° flexion for various values 
of the articular cartilage Young's modulus. 
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5.3.2 Model sensitivity to meniscal material properties 
Method 
In the generic models the meniscal tissue was assigned transversely isotropic material 
properties in order to account for the predominantly circumferential orientation of the fibres; 
the values used in the generic model are henceforth referred to as baseline values. The Young's 
modulus value in the circumferential direction was chosen to be varied within a range reported 
in the experimental as well as the numerical literature (Tissakht and Ahmed 1995; Haut Dona-
hue et al. 2003; Meakin et al. 2003; Yao et al. 2008b). The values of Poisson's ratio in all direc-
tions and of in-plane Young's modulus were not altered compared to their baseline values; 
however, the change in the Young's modulus in the circumferential (fibre) direction, E( meant 
that the value of the shear modulus, Gf had to change to retain the assumption of linear elastic-
ity in the fibre direction. Finally, an isotropic approach for the meniscal tissue was run in order 
to test the hypothesis that transversely isotropic properties are essential in order to capture the 
physiological articular contact mechanics. Table 5.6 shows the values that were selected to run 
the sensitivity simulations. 
Meniscal material properties 
E, Gf Gp 
job name [MPa] [MPa] Vlp Vpf [MPa] [MPa] 
lower 120 20 0.3 0.3 0.2 46.2 8.3 
baseline 150 20 0.3 0.3 0.2 57.7 8.3 
isotropic 1 60 60 0.47 0.47 0.47 20.4 20.4 
isotropic 2 120 120 0.47 0.47 0.47 40.8 jlO.B 
higher 1 165 20 0.3 0.3 0.2 63 j 8.3 
higher 2 180 20 0.3 0.3 0.2 69.2 8.3 
higher 3 200 20 0.3 0.3 0.2 76.9 8.3 
Table 5.6: Meniscal material properties used for the sensitivity analysis. 
Subscripts: f . fibre, p\ plane. 
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Resu l t s 
Results are presented for menisci and tibial articular cartilage at 0 and 30° of knee flex-
ion for various values of meniscal material propeties under an 800 N compressive load. Normal 
stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 5.11) and as 
contour maps (Figure 5.12, Figure 5.14). Maximum principal stresses in the menisci are pre-
sented in a bar chart (peak values) (Figure 5.11) and as coloured arrows (Figure 5.13, 
Figure 5.15) indicating magnitude (colour) and direction (arrows). 
An increase in the meniscal circumferential Young's modulus by up to 33% produced 
similar stresses in the cartilage at full extension to those exhibited in the generic model at full 
extension. Conversely, decrease of the meniscal circumferential Young 's modulus by 20% or 
an isotropic meniscus with an average Young's modulus (60 MPa) resulted in a significant in-
crease in tibial cartilage stresses at full extension; peak normal stresses in the tibial cartilage 
increased by 110% compared to the respective generic values. At 30° flexion a trend of de-
crease in normal stresses on. the medial side and an increase in lateral tibial cartilage stresses 
was observed as the circumferential Young's modulus increased. However, distribution of 
normal stresses and location of peak values at 0 and 30° flexion alike did not alter with varia-
tion of meniscal material properties. 
Hoop stresses in the meniscal tissue followed the trend of circumferential Young's 
modulus variation; increase in Ef resulted in increase in meniscal hoop stresses and vice versa. 
The effect was more marked at full extension than at 30° flexion. Furthermore, an isotropic 
meniscus (60 MPa) resulted in significantly lower meniscal hoop stresses compared to the cor-
responding values exhibited in the generic model with a transversely isotropic meniscus; hoop 
stresses - averaged among lateral and medial menisci - of isotropic menisci were approxi-
mately 65% at full extension and 40% at 30° flexion less than hoop stresses of the transversely 
isotropic menisci of the generic model. The differences were not as great for an isotropic me-
niscus with a Young 's modulus value close to that derived experimentally for samples in the 
circumferential direction (120 MPa). 
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Flexion Peak tibial cartilage normal Peak meniscal maximum 
Ef angle compressive stresses [MPa] principal stresses [MPa] 
[MPa] [°] Medial Lateral Medial Lateral 
150 (generic) 0 1.4 1.9 3.5 5.0 
30 2.9 2.4 7.0 8.5 
Percentage difference from generic 
60 (isotropic) 0 114 74 -58 -63 
30 3 -10 -29 -46 
120 0 114 68 -15 -18 
30 2 0 -16 -21 
120 (isotropic) 0 -4 -3 -4 -25 
30 -3 17 -16 -21 
165 0 0 3 0 0 
30 -2 4 0 -3 
180 0 0 0 8 13 
30 -2 4 17 0 
200 0 0 0 38 50 
30 -7 6 35 25 
Table 5.7: Effect of meniscal material properties on peak normal compressive stresses in 
the tibial cartilage and on maximum principal stresses in the menisci. 
The distribution of hoop stresses over the meniscal tissue and the location of peak hoop 
stresses were similar for values of circumferential Young's modulus less than 200 MPa. How-
ever, for Ef = 200 MPa the distribution of hoop stresses changed significantly and became 
much more uniform compared to all other cases. This observation was more marked at 30° 
flexion than at full extension. 
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Figure 5.11: Effect of meniscal material properties on peak normal compressive stresses 
in the tibial cartilage (top) and on maximum principal stresses in the menisci (bottom). 
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Figure 5.12: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various values of the meniscal material properties. 
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Figure 5.13: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous values of the meniscal material properties. 
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Figure 5.14: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various values of the meniscal material properties. 
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Figure 5.15: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various values of the meniscal material properties. 
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5.3,3 Discussion 
Material properties of articular cartilage and menisci were varied across a range of val-
ues reported in the literature in order to look at the effect on articular mechanics and hence 
evaluate the sensitivity of the numerical model to these parameters. Tissue material properties 
are associated with significant uncertainty, since the values reported in the experimental litera-
ture range across a significant span. These observations are reflected in material property val-
ues used in the numerical literature (Table 5.8). 
Study 
Articular cartilage 
material properties Meniscal material properties 
E 
[MPa] V 
Ef 
[MPa] 
4 
[MPa] Vf Vp 
Meakin et al. (2003) 50 0.3 200 20 0.03 0.3 
Beillas et al. (2007) 20 0.3 250 250 0.3 0.3 
Haut et al. (2002) 15 &475 140 20 0.3 0.2 
Yao et al. (2008b) 13 0.49 133 6.65 0JI25 0.325 
Bendjaballah et al. (1995) 12 0.45 t 
Yao et al. (2004) 12 0.45 140 20 0.2 0.3 
Penrose et al. (2002) 12 0.45 200* 
Perie and Hobatho (1998) 12 0.45 5 5 0.4 0.4 
Pena et al. (2006b) 9 0.46 59 59 0.49 0.49 
Pena et al. (2005) 5 0 ^ 6 59 59 0.49 0.49 
Li et al. (1999a) 5 O j j Use of equivalent resistance springs 
Current study (generic) 5 0.47 150 20 0.3 0.2 
Table 5.8: Articular cartilage and meniscal material properties used by numerical TF 
joint studies. 
Note that studies which assumed an isotropic meniscus have the same fibre and in-plane prop-
erties. 
X Fibre reinforced model of the menisci consisting of a ground substance (E=8 MPa, v = 0.45) 
with 14% fibre by volume circumferentially in deep layers and 7% fibre by volume in all direc-
tions in superficial layers (E = 60 MPa for each fibre). 
* Equivalent value. Fibre reinforced model of the menisci consisting of a ground substance 
(£• = 8 MPa, V = 0.45) with 15% fibre by volume (E = 1200 MPa for each fibre). 
The current model was found to be sensitive to cartilage material properties with re-
spect to actual values of normal compressive stresses and strains in the cartilage, but not with 
respect to stress distribution over the cartilage and location of peak values at 0 and 30° flexion. 
Increase in the Young's modulus of the articular cartilage resulted in increase of normal com-
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pressive stresses in the articular cartilage and decrease in meniscal hoop stresses and noiTnal 
compressive strains in the articular cartilage. 
Since the cartilage was modelled as linearly elastic and isotropic, this mechanical be-
haviour was expected. A high cartilage Young 's modulus value means that the cartilage will 
deform less for the same amount of load. Small deformation means small contact area and less 
congruency, which in turn means higher cartilage stresses. The femoral condyles are not bear-
ing down as much as in cases with lower Young 's modulus values, which implies that the me-
nisci are not contacted as much; this suggests that less load is carried by them, hence lower 
hoop stresses are developed. 
With regard to meniscal material properties, the values proposed as optimum in Haut et 
al. (2003) were the values used in the generic model. Sensitivity of the model to meniscal prop-
erties showed that an isotropic meniscus results in significant changes in cartilage and meniscal 
stresses both in terms of actual values and distribution; this is in-line with the findings of Haut 
et al. (2003). A lower meniscal circumferential Young's modulus to that used in the generic 
simulations had a significant effect on articular cartilage stresses, but a higher meniscal circum-
ferential Young 's modulus did not. Meniscal hoop stresses exhibited an expected behaviour, 
whereby an increase in circumferential Young's modulus produced an increase in meniscal 
hoop stresses. However, a significant change in hoop stresses was observed, in terms of both 
magnitude (increase) and distribution (more uniform) at£'f = 200 MPa. 
One would expect a reduction in cartilage stresses with an increase in meniscal circum-
ferential Young 's modulus; the meniscus deforms less to accommodate the same amount of 
load, hence should not allow the femoral condyles to bear down further onto the cartilage; but 
this was not observed. The cartilage-to-cartilage contact areas remained similar to those exhib-
ited in the generic model. This is probably due to the width of the menisci in this model; as dis-
cussed in Chapter 4, meniscal width was less than average values reported in the literature due 
to loss of information during MRI segmentation. Hence, the menisci in the model were not ex-
pected to - and did not - bear load before a significant amount of cartilage-to-cartilage contact 
was established. If the full width of the menisci had been modelled, then alteration of meniscal 
properties should have been expected to influence cartilage stresses more than what was ob-
served in the current study. 
Li et al. (2001) conducted a sensitivity analysis of their FE model of the meniscec-
tomised TF joint on articular cartilage properties. For a Poisson's ratio of 0.45 they used three 
values of articular cartilage Young's modulus; namely 3.5, 5.0 and 10 MPa and ran simulations 
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at full extension under a 1.4 kN axial load. They found an almost linear relationship of peak 
contact stresses with Young 's modulus variation; the higher the Young 's modulus, the higher 
the contact stresses. This is in-line with the findings of this study. 
Meakin et al. (2003) conducted a sensitivity analysis of their numerical, axisymmetric, 
simplified, geometric FE model of the TF joint to geometry and material parameters using fac-
torial analysis. They varied each parameter by ± 10% of its initial value; for articular cartilage 
this was 50 MPa, which is an order of magnitude higher than values reported in the experimen-
tal literature. They found that the effect of geometry on model behaviour was larger than the 
effect of material properties. No significant effect on axial stresses was found when varying the 
Young's modulus of the articular cartilage. However, the authors did not distinguish between 
stresses in the meniscus and stresses in the cartilage; the effect of cartilage Young 's modulus to 
cartilage axial stresses could be the opposite of the effect of cartilage Young's modulus to me-
niscal axial stresses, hence resulting in no effect overall. 
Yao et al. (2006) employed optimisation and factorial-style analysis (central composite 
design and Taguchi arrays) to identify the parameters which influenced the model most. They 
assessed the material properties of menisci, meniscal attachments and articular cartilage in a 
half-TF (only medial), ACL-deficient joint FE model under anterior tibial loading of 45 N. 
They optimised the model predictions against meniscal location measured experimentally in an 
ACL-deficient cadaver under the same loading regime. They found that the model was more 
sensitive to initial strain of the meniscal insertional ligaments and the ratio of circumferential 
over in-plane meniscal Young's modulus. The minimum error between experimental data and 
model prediction occurred for E{/ Er = 20. It should be noted that this ratio value was the upper 
limit of the range within which it was varied; this means that the simulations had not reached 
the global minimum, hence the optimum value is probably higher than 20. Furthermore, this 
value is already relatively high taking into account reported values in experimental studies; Tis-
sakht and Ahmed (1995) found /jEr ~ 9 in the lateral and E f / E ^ - S m the medial meniscus. 
Haut et al. (2003) conducted a sensitivity study of their FE model of the TF joint to 
meniscal material properties using optimisation techniques. They concluded that circumferen-
tial and in-plane meniscal Young 's moduli along with the stiffness of horn attachments were 
the parameters that significantly influenced model behaviour and adaptation to experimental 
data. Furthermore, an isotropic meniscus resulted in a minimum error of 32% between experi-
mental and numerical values of contact variables. According to their study, the optimum values 
for meniscal Young 's moduli with an axial load of 1.2 kN were 150 MPa and 20 MPa in 
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circumferential direction and in-plane, respectively. This behaviour is similar to that observed 
in the current study regarding meniscal material properties. 
Beillas et al. (2007) investigated the sensitivity of their lower-limb FE model to mate-
rial property and geometrical input parameters. They looked at the effect of the parameters on 
contact variables, but also compared model predictions against experimental kinematic data. 
They found that contact variables were primarily sensitive to articular cartilage material proper-
ties (Young's modulus ranged from 10 to 30 MPa); nonetheless, joint kinematics were not in-
fluenced by variations in cartilage material properties. This is in-line with the findings of the 
current study. The authors failed to show a significant effect of meniscal material properties on 
peak normal stresses in the cartilage despite the relatively large range of values used (Young's 
modulus, E = 125, 250 and 375 MPa); however, it should be noted that they assigned isotropic 
properties to their menisci. 
The findings of the current study and the relevant numerical literature suggest that, al-
though the pattern of deformation in TF joint structures is independent of articular cartilage 
material properties, the actual values of stresses and strains exhibited in the tissues are not. 
Hence, the ability of a TF joint numerical model to predict actual values of stresses and strains 
in soft tissues is hampered by the uncertainty associated with material properties in articular 
cartilage. Furthermore, contact stress data fi-om experimental studies cannot be directly com-
pared with model predictions, as actual contact stress values are dependent on cartilage proper-
ties, among other factors. Hence, in the context of TF joint articular contact, experimental data 
on contact variables should not be expected to be directly comparable to model prediction; 
rather, they should be used as an indication of order of magnitude; patterns of articular contact, 
hence qualitative comparison may be a better measure for comparing numerical with experi-
mental data. 
As a final comment, the effect on articular mechanics of the rigid bones assumption 
was not tested as previous data has shown that it results in a less than 2% difference in any con-
tact variable (Haut Donahue et al. 2002). 
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INSERTIONAL LIGAMENTS 
6.1 INTRODUCTION 
Meniscal insertional ligaments are the main means of attachment of the menisci to the 
tibia in the human. The term ' l igament ' is not absolutely accurate in the case of the insertional 
ligaments, as they link a soft tissue with a hard tissue, rather than two hard tissues. However, 
their anatomy and histology allow for such a term to be used. As discussed in Chapter 2, the 
insertional ligaments connect the meniscal horns to the underlying tibial subhondral bone. Data 
regarding their anatomy and insertion sites is available in the literature (Kohn and Moreno 
1995); however, at present, their material properties have not been characterised in the human. 
As discussed in Chapter 2, the importance of the insertional ligaments in the biome-
chanical behaviour of the menisci has been highlighted in studies that looked at surgical tech-
niques of meniscal allograft transplantation. The important message communicated by these 
studies is that, when the meniscal allograft is fixed to the tibia with both horns attached to a 
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bony block or with both horns sutured to the insertion site, contact areas and contact stresses 
produced under load are similar to those exhibited in the intact knee. Conversely, fixing only 
one meniscal horn to the tibia results in significant increase in peak contact stresses and in os-
teochondral changes similar to meniscectomy after 6 and 12 weeks (Sommerlath and Gillquist 
1992; Chen et al. 1996; Paletta, Jr. et al. 1997; Alhalki et al. 2000; Sekaran et al. 2002; 
McDermott et al. 2008; Allaire et al. 2008). In short, a meniscus without insertional ligaments 
attaching both horns to the tibia is effectively defynctioned. 
Anatomical fixation of the insertional ligaments in meniscal allograft transplantation in 
the operating theatre is a challenging task. The effect on articular contact of positioning the in-
sertion sites of the medial anterior and posterior insertional ligaments non-anatomically was 
investigated by von Lewinski et al. (2008) in an ovine model employing autograft transplanta-
tion. They examined the articular cartilage radiographically and histologically by light micros-
copy and scanning electron microscopy six months post-displacing the insertional ligaments. 
They observed degenerative changes of articular cartilage worse than those exhibited after me-
niscectomy. Sekaran et al. (2002) placed the posterior horn of medial meniscal autografts in 
non-anatomic sites, medially or posteriorly. Fixation at the more medial location resulted in a 
significant increase in contact variables and fixation at the more posterior location resulted in a 
significant posterior shift in the centroid of contact. 
These observations suggest that non-anatomical placement of the meniscal attachments 
produces biomechanical changes in the TF joint articular mechanics. Therefore, the first aim of 
this study was to investigate the effect on the articular mechanics that the model would predict 
when the insertional ligaments were positioned non-anatomically. It was hypothesised that non-
anatomic positioning of the insertional ligament tibial attachments would have a significant 
effect on articular mechanics. 
As discussed previously, the material properties of the insertional ligaments in the hu-
man have not been characterised yet. Moreover, the mismatch in size of donor to native menis-
cus suggests mismatch in insertional-ligament length and therefore effective stiffness. Finally, 
studies conducted to evaluate the functional behaviour of meniscal implants in cadavers have 
shown the need for improved implant fixation (Tienen et al. 2004). The effect of insertional-
ligament stiffness on articular mechanics has not been investigated experimentally. Haut et al. 
(2003) conducted a sensitivity study to their FE model of the TF joint using optimisation tech-
niques. They concluded that the insertional-ligament stiffness was one of the parameters that 
significantly influenced model behaviour and, therefore, articular mechanics. 
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In order to address the aforementioned issues in allograft transplantation and implant 
design and due to a lack of data on the material properties of insertional ligaments, the second 
aim of this study was to investigate the sensitivity of the model to stiffness of the insertional 
ligaments. It was hypothesised that ligament stiffness would have a significant influence on 
articular mechanics. 
6.2 SENSITIVITY TO STIFFNESS 
6.2.1 Method 
In order to investigate the sensitivity of the model to material properties of the inser-
tional ligaments, their Young's modulus was varied within an appropriate range. The Young's 
modulus value chosen for the generic models was 300 MPa; henceforth this value is referred to 
as the baseline value. The stiffness of one ligament was altered each time. Ligament stiffhess 
was altered by ± 20% and ± 50% of the baseline value. Sensitivity was run only for the anterior 
attachments as their respective meniscal horns experience greater posterior excursions under 
load than their posterior counterparts and thus it is expected that they would show the greatest 
changes (Vedi et al. 1999). 
6.2.2 Results 
Stresses in cartilage and menisci were not observed to differ by more than 5% when 
any of the two anterior meniscal attachments was changed by up to ± 50% of the baseline value 
under an 800 N compressive joint load at 0 and 30° flexion. Similarly, the distribution of 
stresses in cartilage and menisci was not significantly altered nor was the posterior excursion of 
any of the horns. Peak normal compressive stresses in the articular cartilage for various 
Young's modulus values of the MA and LA attachments are presented in Figure 6.1. 
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Figure 6.1: Effect of insertional ligament stiffness on peak normal compressive stresses in 
the tibial cartilage. 
Top: Sensitivity to stiffness of anterior horn attachment of the medial meniscus (MA) 
Bottom: Sensitivity to stiffness of anterior horn attachment of the lateral meniscus (LA) 
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6.2.3 Discussion 
Sensitivity analysis of the model to stiffness of the anterior insertional ligaments 
showed no effect on articular mechanics with the range of values tested. It was therefore judged 
not necessary to conduct sensitivity analysis to stiffness of the posterior attachments. 
Although not directly comparable, it is worth mentioning that these findings contradict, 
in principle, the findings of Haut et al. (2003) who found that reducing the horn stiffness below 
2000 N/mm (corresponding to approximately 110 MPa Young's modulus) produced an at-least 
10% difference between experimental and numerical results regarding contact pressures and 
areas. However, it should be noted that Haut et al. ran their sensitivity analysis at full extension 
under a 1.2 kN load and the ligament stiffness was a single parameter (all attachments were 
assigned the same stiffness value). Also, they modelled the horn attachment as 10 springs with 
different insertions for each one, whereas in the current study the attachment site was modelled 
by a single node, thus allowing the menicus to pivot about that point. This difference in meth-
odology is likely to have produced different sensitivity to insertional ligament stiffness. 
Yao et al. (2006) conducted a sensitivity analysis to parameters associated with menis-
cal and cartilage material properties and meniscal attachments in an FE model of a half-TF 
(only medial), ACL-deficient joint under an anterior tibial load of 45 N using optimisation and 
factorial-style analyses. They modelled each horn attachment with springs that were non-linear 
in tension; the ligament tensile force was a function of initial ligament strain and another strain 
parameter. Whereas the stiffness of insertional ligaments was not included in the set of parame-
ters tested, initial strain of the insertional ligaments was. They concluded that model behaviour 
was significantly affected by the insertional ligament initial strain. This result is not directly 
comparable to the current study due to both the differences in modelling approach and type of 
loading. It should be noted that, although not clear from their description, it is likely that they 
adopted the method of Haut et al. in modelling the insertional ligaments, whereby the attach-
ment site was modelled by a number of nodes. 
In the light of new data for the Young's modulus of the insertional ligaments in hu-
mans presented in July 2008 during the 16"' congress of the E.S.B. in Lucerne, Switzerland 
close to the completion of this thesis, the model was run with the values reported (Table 6.1) 
(Haut Donahue and Hauch 2008). It should be noted that, according to the data, the LA attach-
ment has a significantly greater Young's modulus than the other three attachments. 
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MA MP LA LP 
Young's modulus [MPa] 
% of baseline value 
88 ± 7 5 
29 
76 ± 5 5 
25 
1 6 6 ± 1 3 3 
55 
90 ± 5 4 
24 
Table 6.1: Young's modulus values of insertional ligaments reported by Haut and Hauch 
(2008) and comparison with the values with which the generic model was run. 
All values are mean ± S.D. 
Simulations were run using the protocol presented in Chapter 4 at angles of flexion up 
to 60° and the results were compared to those of the generic models. 
Posterior excursions of the meniscal horns are presented in Figure 6.2 for the generic 
model and the model ran with the Haut and Hauch data. Also, experimental data reported in 
Tienen et al. (1999) and Vedi et al. (2005) are also presented in the same figure for comparison. 
Figure 6.3 presents peak compressive normal stresses in the tibial cartilage and peak maximum 
principal stresses in the menisci. 
The results show that altering the stiffness of all insertional ligaments does not signifi-
cantly affect mechanical behaviour of articular cartilage and menisci nor meniscal motion. The 
maximum change observed in horn translations when the insertional ligaments were modelled 
using the Haut and Hauch data compared to the generic approach was 10% in MP at 10° flex-
ion. 
In summary, the stiffness of insertional ligaments does not appear to affect the articular 
mechanics of the joint or the motion of the menisci. This means that uncertainty in the value of 
insertional ligament stiffness should not be regarded as a major concern in the current model-
ling approach. 
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Figure 6.2: Effect of insertional ligament stiffness on posterior translations of the medial 
meniscal horns. 
Comparison of the generic simulations with simulations using the data of Haut and 
Hauch on material properties of the insertional ligaments and with the experimental stud-
ies of Tienen et al. (2005) (for a combination of 200 N axial and 90 N rectus femoris loads) 
and Vedi et al. (1999) (for a weight bearing joint). Data from Vedi et al. were available as 
mean values over 0 to 90° knee flexion; the error bars represent one S.D. 
MA: medial anterior, MP: medial posterior 
(T): according to data of Tienen et al. (2005), 
(V): according to data of Vedi et al. (1999). 
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Figure 6.3: Effect of insertional ligament stiffness (Haut and Hauch data) on peak normal 
compressive stresses in the tibial cartilage (top) and on peak maximum principal stresses 
in the menisci (bottom). 
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6.3 SENSITIVITY TO POSITION 
6.3.1 Method 
The location of one insertional ligament was altered at each simulation. In order to en-
sure that no other parameter (such as initial strain) would influence the resultant model behav-
iour, the length of the insertional ligament in question was kept constant. The location of the 
insertion site was positioned more posteriorly or more anteriorly by moving the insertion node 
along the arc defined by the horn (centre of the arc) and the ligament length (radius of the arc), 
as shown in Figure 6.4. Thus, change in insertional ligament location can be quantified by the 
angle, 6 (Figure 6.4). Table 6.2 summarises the simulations run for the sensitivity analysis on 
the location of the insertional ligament insertion; each simulation is named after the angle, 0. 
Location of attachment relative to anatomical 
Attachment Job name (angle) 
LA 30° posterior 
30° anterior 
60° anterior 
MA 30° posterior 
20° anterior 
LP 20° posterior 
20° anterior 
MP 40° posterior 
20° posterior 
20° anterior 
Table 6.2: Relative locations of the horn attachments used for the sensitivity analysis on 
insertional ligament location. 
105 
Chapter 6 - Insertional ligaments 
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Menia=i 
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Figure 6.4: Schematic illustrating the method employed for positioning the insertion site 
of the insertional ligaments for the sensitivity analysis. 
The angle 6 defines each location for which simulations were run; these were more poste-
rior (post) or more anterior (ant) to the location in the generic model (grey line). 
6.3.2 Results 
Sensitivity to locat ion of the L A insertion 
Table 6.3 summarises the effect of location of the LA insertion on peak tibial cartilage 
normal and meniscal maximum principal stresses, and Table 6.3 on meniscal horn excursions. 
Normal stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 6.5) and 
as contour maps (Figure 6.7). Maximum principal stresses in the menisci are presented in a bar 
chart (peak values) (Figure 6.5) and as coloured arrows (Figure 6.8, Figure 6.9) indicating 
magnitude (colour) and direction (arrows). Finally, meniscal horn excursions are also presented 
in a bar chart (Figure 6.6). 
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Location of LA 
Flexion 
angle 
Peak tibial cartilage normal 
compressive stresses [MPa] 
Peak meniscal maximum 
principal stresses [MPa] 
attachment [°] Medial Lateral Medial Lateral 
generic 0 1.4 1.9 2.6 4.0 
30 2.9 2.4 6.3 7.6 
Percentage difference from generic 
30° posterior 0 4 5 0 -43 
30 3 -17 -8 -32 
30° anterior 0 0 3 0 20 
30 -4 15 -5 12 
60° anterior 0 0 3 0 33 
30 -2 23 3 22 
Table 6.3: Effect of LA insertion site on peak normal compressive stresses in the tibial 
cartilage and on peak meniscal maximum principal stresses. 
Location of LA 
attachment 
Flexion Meniscal horn posterior translation [mm] 
angle [°] MA MP LA LP 
generic 30 4.7 3.3 4.0 3.3 
Percentage difference from generic 
30° posterior 30 0 0 33 21 
30° anterior 30 0 0 -33 -12 
60° anterior 30 0 0 -33 
Table 6.4: Effect of LA insertion site at 30° flexion on meniscal horn posterior transla-
tions. 
The results show that the location of the LA insertion significantly influenced posterior 
excursion of both LA and LP horns at 30° flexion; the effect was more substantial in the LA 
horn rather than in the LP horn. Specifically, the more posterior the LA insertion was located, 
the more posteriorly LA and LP horns alike translated compared to the translations exhibited in 
the generic simulations. Conversely, horn excursions remained similar to those exhibited in the 
generic simulations at full extension. 
The effect of change in location of the LA insertion to tibial cartilage normal stresses 
was similar to that observed for horn excursions. There was no effect at full extension and in 
the medial plateau at 30° flexion. However, normal stresses in the lateral plateau at 30° flexion 
increased the more anteriorly the LA insertion was located. 
Finally, hoop stresses in the lateral meniscus were observed to increase the more ante-
riorly the LA insertion was located at full extension and 30° flexion alike, whereas hoop 
stresses in the medial meniscus exhibited similar values to those in the generic simulations. 
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Alteration of the LA insertion location also resulted in a shift in location of peak nor-
mal stresses in the lateral tibial cartilage at 30° flexion. As the LA insertion location was posi-
tioned from posterior to anterior, the location of peak normal stress in the lateral tibial cartilage 
shifted from the cartilage-to-cartilage contact area to the cartilage area covered by the posterior 
horn of the lateral meniscus. 
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Figure 6.5: Effect of LA insertion site on peak normal compressive stresses in the tibial 
cartilage (top) and on meniscal maximum principal stresses (bottom). 
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Figure 6.6: Meniscal horn posterior translations for various locations of the LA insertion 
at 30° flexion. 
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Figure 6.7: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various locations of the LA insertion. 
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Figure 6.8: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous locations of the LA insertion. 
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Figure 6.9: Meniscal maximum principal stress distribution [MPa] at 30° flexion for vari-
ous locations of the LA insertion. 
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Sensitivity to location of the LP insertion 
Table 6.5 summarises the effect of location of the LP insertion on peak tibial cartilage 
normal and meniscal maximum principal stresses, and Table 6.6 to meniscal horn excursions. 
Normal stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 6.10) 
and as contour maps (Figure 6.12). Maximum principal stresses in the menisci are presented in 
a bar chart (peak values) (Figure 6.10) and as coloured arrows (Figure 6.13, Figure 6.14) indi-
cating magnitude (colour) and direction (arrows). Finally, meniscal horn excursions are also 
presented in a bar chart (Figure 6.11). 
Location of LP 
Flexion 
angle 
Peak tibial cartilage normal 
compressive stresses [MPa] 
Peak meniscal maximum 
principal stresses [MPa] 
attachment [°] Medial Lateral Medial Lateral 
generic 0 1.4 1.9 2.6 4.0 
30 2.9 2.4 6.3 7.6 
Percentage difference from generic 
20° posterior 0 0 0 -4 2 
30 4 -19 -5 -14 
20° anterior 0 0 3 -8 -8 
30 -4 21 -2 8 
Table 6.5: Effect of LP insertion site on peak normal compressive stresses in the tibial 
cartilage and on peak meniscal maximum principal stresses. 
Location of LP Flexion Meniscal horn posterior translation [mm] 
attachment angle [°] MA MP LA LP 
generic 30 4.7 3.3 4.0 3.3 
Percentage difference from generic 
20° posterior 30 0 0 -5 9 
20° anterior 30 0 0 0 -9 
Table 6.6: Effect of LP insertion site at 30° flexion on meniscal horn posterior transla-
tions. 
The results show that the location of the LP insertion has no effect on horn translations 
except for that of the LP horn at 30° flexion; the LP horn exhibited a greater posterior excur-
sion compared to that exhibited in the generic simulations the more posteriorly its tibial at-
tachment was located. Similarly, there was little effect at full extension and in the medial side 
at 30° flexion on both tibial cartilage normal and meniscal hoop stresses. However, stresses in 
the lateral plateau and the lateral meniscus at 30° flexion increased and in the medial plateau 
decreased the more anteriorly the LP insertion was located. 
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Moreover, alteration of the LP insertion location resulted in a shift in location of peak 
normal stresses in the lateral tibial cartilage at 30° flexion. As the LP insertion was positioned 
from posterior to anterior, the location of peak normal stress in the lateral tibial cartilage shifted 
from the cartilage-to-cartilage contact area to the cartilage area covered by the meniscus. 
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Figure 6.10: Effect of LP insertion site on peak normal compressive stresses in the tibial 
cartilage (top) and on peak meniscal maximum principal stresses (bottom). 
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Figure 6.11: Meniscal horn posterior translations for various locations of the LP insertion 
at 30° flexion. 
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Figure 6.12: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various locations of the LP insertion. 
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Figure 6.13: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous locations of the LP insertion. 
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Figure 6.14: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various locations of the LP insertion. 
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Sensitivity to location of the MA insertion 
Table 6.7 summarises the effect of location of the MA insertion on peak tibial cartilage 
normal and meniscal maximum principal stresses, and Table 6.8 on meniscal horn excursions. 
Normal stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 6.15) 
and as contour maps (Figure 6.17). Maximum principal stresses in the menisci are presented in 
a bar chart (peak values) (Figure 6.15) and as coloured arrows (Figure 6.18, Figure 6.19) indi-
cating magnitude (colour) and direction (arrows). Finally, meniscal horn excursions are also 
presented in a bar chart (Figure 6.16). 
Location of MA 
Flexion Peak tibial cartilage normal Peak meniscal maximum 
principal stresses [MPa] 
attachment [°] Medial Lateral Medial Lateral 
generic 0 1.4 1.9 2.6 4.0 
30 2.9 2.4 6.3 7.6 
Percentage difference from generic 
30° posterior 0 4 3 -23 0 
30 5 0 -29 -8 
20° anterior 0 4 3 8 -5 
30 -7 0 35 -7 
Table 6.7: Effect of MA insertion site on peak normal compressive stresses in the tibial 
cartilage and on meniscal maximum principal stresses. 
Location of MA Flexion Meniscal horn posterior translation [mm] 
attachment angle [°] MA MP LA LP 
generic 30 4.7 3.3 4.0 3.3 
Percentage difference from generic 
30° posterior 30 45 12 -5 -3 
20° anterior 30 -43 -6 0 0 
Table 6.8: Effect of MA insertion site at 30° flexion on meniscal horn posterior transla-
tions. 
The results show that the location of the MA insertion has little effect on horn transla-
tions of the lateral meniscus and of the medial meniscus at full extension. However, both me-
dial horns exhibited greater posterior excursions at 30° flexion compared to those exhibited in 
the generic simulations the more posteriorly the MA insertion was located. Regarding cartilage 
normal stresses, there was little effect except for the medial side at 30° flexion where increase 
in stresses was observed the more posterior the MA insertion was located. Hoop stresses in the 
lateral meniscus were not influenced by the location of the MA insertion, but in the medial me-
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niscus these were observed to increase at both 0 and 30° flexion the more anterior the MA in-
sertion was located. Finally, the MA insertion location had no significant effect on the distribu-
tion of stresses over cartilage and menisci. 
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Figure 6.15: Effect of MA insertion site on peak normal compressive stresses in the tibial 
cartilage (top) and on peak meniscal maximum principal stresses (bottom). 
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Figure 6.16: Meniscal horn posterior translations for various locations of the MA inser-
tion at 30° flexion. 
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Figure 6.17: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various locations of the MA insertion. 
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Figure 6.18: Meniscal maximum principal stress distribution [MPa] at 0° flexion for 
various locations of the MA insertion. 
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Figure 6.19: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various locations of the MA insertion. 
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Sensitivity to location of the MP insertion 
Table 6.9 summarises the effect of location of the MP insertion on peak tibial cartilage 
normal and meniscal maximum principal stresses, and Table 6.10 on meniscal horn excursions. 
Normal stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 6.20) 
and as contour maps (Figure 6.22). Maximum principal stresses in the menisci are presented in 
a bar chart (peak values) (Figure 6.20) and as coloured arrows (Figure 6.23, Figure 6.24) indi-
cating magnitude (colour) and direction (arrows). Finally, meniscal horn excursions are also 
presented in a bar chart (Figure 6.21). 
Location of MP Flexion 
Peak tibial cartilage normal 
compressive stresses [MPa] 
Peak meniscal maximum 
principal stresses [MPa] 
attachment angle Medial Lateral Medial Lateral 
generic 0° 1.4 1.9 2.6 4.0 
30° 2.9 2.4 6.3 7.6 
Percentage difference from generic 
20° anterior 0° 0 0 -8 0 
30° 
-2 0 0 -8 
20° posterior 0° 0 0 4 0 
30° 5 0 3 -12 
40° posterior 0° 0 0 8 0 
30° 9 0 -2 -12 
Table 6.9: Effect of MP insertion site on peak normal compressive stresses in the tibial 
cartilage and on peak meniscal maximum principal stresses. 
Location of MP 
attachment 
Flexion 
angle [°] 
Meniscal horn posterior translation [mm] 
MA MP LA LP 
generic 30 4.7 3 3 ^ 0 3.3 
Percentage difference from generic 
20° anterior 30 0 -9 0 0 
20° posterior 30 -4 9 0 0 
40° posterior 30 -4 24 0 0 
Table 6.10: Effect of MP insertion site at 30° flexion on meniscal horn posterior transla-
tions. 
The results show that the location of the MP insertion does not significantly influence 
horn translations of the lateral meniscus and of the medial meniscus at full extension. However, 
at 30° flexion the MP horn exhibited greater posterior translations the more posteriorly its in-
sertion was located when compared to the generic simulations. Regarding cartilage stresses, 
these were observed to slightly increase in the medial side the more posterior the MP horn in-
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sertion was located; lateral tibial cartilage stresses showed no deviation from the values exhib-
ited in the generic simulations. Meniscal hoop stresses were not substantially affected by the 
location of the MP insertion; only at full extension and in the medial meniscus these were ob-
served to increase the more posteriorly the MA insertion was located. Also, at 30° flexion, the 
location of peak and region of maximum meniscal hoop stresses was dependent upon the loca-
tion of the MP insertion. 
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Figure 6.20: Effect of MP insertion site on peak normal compressive stresses in the tibial 
cartilage (top) and on peak meniscal maximum principal stresses (bottom). 
125 
Chapter 6 - Insertional ligaments 
Figure 6.21: Meniscal horn posterior translations for various locations of the MP inser-
tion at 30° flexion. 
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Figure 6.22: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various locations of the MP insertion. 
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Figure 6.23: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous locations of the MP insertion. 
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Figure 6.24: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various locations of the MP insertion. 
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6.3.3 Discussion 
This part of the study investigated the effect of insertional ligament insertion location 
on articular mechanics at 0 and 30° joint flexion. The results suggest that the location of the 
insertions significantly alters articular mechanics in the TF joint. 
At full extension, the effect of meniscal insertional ligament location on articular me-
chanics and meniscal motion was minor. This was not the case at 30° knee flexion. Model sen-
sitivity to location of the posterior attachments was less than that to the location of the anterior 
attachments. Furthermore, change in location of insertion of a meniscal horn attachment tended 
to affect only the motion of the respective meniscus and the articular mechanics of the respec-
tive compartment (medial or lateral), which suggests that the final equilibrium position of the 
femur on the tibia was not significantly affected by insertional ligament insertion location; it 
should be understood that these conclusions are subject to the modeUing methodology incorpo-
raterd in this thesis. 
Placement of the insertional ligaments more posteriorly compared to the position at the 
generic simulations resulted in greater posterior horn translations and more subluxation of the 
respective meniscus. This, in turn, resulted in a reduction of peak values of normal cartilage 
and meniscal hoop stresses. This behavioural pattern was more marked when the anterior inser-
tional ligaments were placed more posteriorly rather than when the posterior insertional liga-
ments were placed more posteriorly. 
Conversely, placement of the insertional ligaments more anteriorly compared to the po-
sition at the generic simulations resulted in less posterior horn translations and less mobility of 
the respective meniscus. Especially on the lateral side, this resulted in the meniscus not being 
able to squeeze out of the joint resulting in greater hoop stresses. Moreover, the underlying car-
tilage was stressed more, resulting in high compressive stresses in the cartilage covered by the 
meniscus; the uncovered cartilage was experiencing less stresses compared to the generic simu-
lations. 
The lateral meniscus was observed to experience a greater posterior translation the 
more posteriorly its tibial attachements were placed; this anatomical configuration was me-
chanically more favourable, as it resulted in a reduction of cartilage and meniscal stresses. 
Moreover, as discussed in Chapter 4 and in the first part of this chapter, the lateral horn transla-
tions resulting from the generic simulations are not in good agreement with values reported in 
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the literature. Therefore, it might be that the location of insertion of the lateral insertional liga-
ments in the generic models, especially of the LA, was not correctly/anatomically assumed. 
In an ovine model, von Lewinski et al. (2008) excised the medial meniscus and re-
implanted it as an autograft but with the insertional ligaments positioned non-anatomically. 
They placed the anterior attachment "8 mm more ventrally and medially" and the posterior at-
tachment "10 mm dorsally and medially" compared to the anatomical location. Although this 
definition is not detailed enough to be reproducible, it is clear that they displaced the MA more 
anteriorly and the MP more posteriorly, and by a large amount for an ovine model. In the cur-
rent study only one attachment at a time was altered, hence their results cannot be directly 
comparable to those of the current study. Nonetheless, after six months they observed degen-
erative changes in the articular cartilage worse than those observed in the meniscectomised 
joint; this suggests that articular contact was affected substantially. This finding is qualitatively 
similar to the observations of the current study. 
A similar study using medial meniscal autografts was conducted by Sekaran et al. 
(2002) in human cadaveric knees. They placed the insertion of the posterior horn of medial me-
niscal autografts in non-anatomical sites, 5 mm medially or 5 mm posteriorly, and applied a 
1.2 kN compressive load at angles of joint flexion up to 45°. Fixation at the more medial loca-
tion resulted in a significant increase in contact variables and fixation at the more posterior lo-
cation resulted in a significant posterior shift in the centroid of contact. Specifically, they re-
ported a 15 and 20% increase in contact stresses in the medial cartilage at 0 and 30° flexion, 
respectively, when the MP attachment was placed more posteriorly. This compares well with 
the current study at 30° flexion that showed increase in peak normal compressive stresses in the 
medial tibial cartilage the more posterior the location of the MP attachment was located 
(Table 6.9). It could be speculated that this behaviour could have been more marked at 30° 
flexion and present at full extension if the whole meniscal witdth was present in the simula-
tions. 
Overall, qualitative findings in both aforementioned experimental studies are similar to 
the current study to the extent that location of insertional-ligament insertion site affects, in gen-
eral, articular mechanics. 
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6 .4 DISCUSSION AND CONCLUSIONS 
This study investigated the effect of stiffness of the meniscal insertional ligaments and 
of the location of their tibial attachements on articular contact mechanics in the TF joint. It was 
shown that insertional-ligament stiffness does not significantly influence articular mechanics. 
However, the location of the tibial insertion site of the insertional ligaments was shown to sig-
nificantly affect the mechanical behaviour of the joint. 
The results suggest that the location of the insertion sites defines the amount of horn 
excursion and meniscal subluxation, but the stiffness of the insertional ligaments does not. 
Therefore, articular mechanics, inasmuch as the location of maximum contact stresses and ac-
tual peak values of cartilage and meniscal stresses are concerned, are independent of horn at-
tachment stiffness but dependent on the location of the insertional ligament insertion sites and 
predominantly of those of the anterior horns. 
These observations, in conjunction with those on sensitivity to the material properties 
of the menisci, suggest that the meniscal tissue bulk is the primary load-carrying structure. The 
insertional ligaments act as anchors that allow the meniscal tissue to resist hoop stresses by 
circumferential tension. Altering the position of the attachments disrupts this circumferential 
continuity and results in altered contact patterns and stress distribution. 
Also, both bone-plug and suture based meniscal transplantation have been observed in 
the laboratory to give similar contact stresses on the tibial plateau (McDermott et al. 2008). 
These different methods of attachment most probably do not result in similar effective inser-
tional ligament stiffness. Nevertheless, the viability and performance of the graft has not been 
observed to be affected by this parameter. This discussion suggests that the main focus in im-
plant design should be in replicating the meniscal tissue bulk properties rather than the actual 
properties of its insertions. 
In summary, the sensitivity of model behaviour to insertional ligament stiffness and lo-
cation of their attachments was investigated at 0 and 30° knee flexion. It was found that the 
effect of insertional ligament stiffness on articular mechanics was negligible, whereas the effect 
of the location of the attachments, and especially of those of the anterior horns, was substantial, 
mainly in terms of meniscal motion and stress distribution on the tibial cartilage. 
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MENISCAL LIGAMENTS 
7.1 INTRODUCTION 
Meniscal ligaments have attracted little attention in the experimental literature and 
even less in the numerical literature. As discussed in Chapter 2, their role in the biomechanics 
of the knee remains elusive to a significant extent. Only recently have the MFLs been further 
examined biomechanically and their material properties and function quantified and aspects of 
the dMCL function been addressed. 
Therefore, the aim of this study was to investigate the effect that the addition of menis-
cal ligaments to the generic model would have on articular mechanics and meniscal motion. 
Since there is no published data to suggest otherwise, it was hypothesised that addition of the 
meniscal ligaments would not have a significant effect on articular mechanics and meniscal 
motion. 
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7.2 METHOD 
Each meniscal ligament was added to the generic model and simulations were run for 0 
and 30° joint flexion according to the protocol described in Chapter 4 for an 800 N compressive 
load. The following simulations were run 
1. generic with dMCL, 
2. generic with AIL, 
3. generic with MFLs, 
4. generic with all of the above. 
Details on how the meniscal ligaments were modelled follow below. 
7.2.1 Deep MCL (dMCL) 
The meniscofemoral and meniscotibial parts of the dMCL were modelled separately, 
each comprising ten non-compressive springs. The material properties of the dMCL are un-
known; however its structural properties have been determined by Robinson et al. (2005); the 
stiffness of the dMCL was reported to be 42 N/mm. However, since the stiffness of each part 
has not been determined experimentally, the following approach was undertaken. The attach-
ment sites for each part were identified in the model according to experimental data (Robinson 
et al. 2004; LaPrade et al. 2007). The length of each part was calculated as the distance between 
the respective bony attachment and the middle of the meniscal height at the location of the in-
sertion. This resulted in lengths of 5 and 19 mm for the meniscotibial and meniscofemoral 
parts, respectively; hence the total length was 24 mm. The dMCL width has been reported to be 
5-9 mm (Robinson et al. 2004), hence the bony attachment for each part was modelled along a 
7 mm wide line. Therefore, the Young's modulus of the dMCL was calculated based on the 
aforementioned length, stiffness and a rectangular area of unit height; this resulted in a Young's 
modulus value of 145 MPa. Working inversely and using the length of each part, their stiffness 
was calculated to be 193 and 54 N/mm, which in turn resulted in 19.3 and 5.4 N/mm stifftiess 
per spring for meniscotibial and meniscofemoral parts, respectively. The ligament was assumed 
to have zero initial strain at full extension (Robinson et al. 2004). 
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7.2.2 Anterior intermeniscal ligament (AIL) 
The AIL was modelled by five non-compressive springs that connected the anterior 
horns of the medial and lateral menisci. There is no data available on the properties of the AIL. 
It was assumed that the Young's modulus of the AIL was 100 MPa (approximately the average 
value reported by Haut and Hauch (2008) for insertional ligaments), the attachment area of 
each horn was approximately 3 mm^ and the distance between anterior horns was approxi-
mately 30 mm; these values are in line with anatomical data (Nelson and LaPrade 2000). These 
resulted in a value for stiffness per spring of 2 N/mm. 
7.2.3 Meniscofemoral ligaments (MFLs) 
Each MFL was modelled by ten non-compressive springs. The attachment site for each 
MFL was identified in the model according to experimental data (Gupte et al. 2002a; Amis et 
al. 2006). From experimental data on the Young's modulus, rest length and area of each MFL 
(§2.5.4) the stiffness of each ligament was calculated; this was 200 and 220 N/mm for the 
aMFL and pMFL, respectively. Because of the loss in data when generating the mesh for the 
meniscal tissue, the distance between the LP horn and the femoral attachments of the MFLs 
was greater than rest length of the ligaments. Furthermore, it has been suggested that the aMFL 
is slack at full extension (Amis et al. 2006), which means that the distance between the LP horn 
and the femoral aMFL attachement site should be less than the rest length of the ligament; this 
was not the case in the model. Therefore, the aMFL was omitted in the simulations at full ex-
tension. Moreover, it was assumed that the zero length of the pMFL was the distance between 
the LP horn and the femoral pMFL attachment at full extension and that the rest length of the 
aMFL was the distance between the LP horn and the femoral aMFL attachment at 30° flexion. 
7.2.4 Technical aspects 
The dMCL and MFLs connect a soft tissue (the meniscus) to a bony structure. In the 
FE model, translations and rotations of a rigid body are controlled by two nodes, one for the 
three translations and one for the three rotations. The rigid body's surface is made up of trian-
gular surface elements which are not connected by nodes, but by points. The FE solver does not 
calculate loads or deformations at points, but solely at nodes. This means that a spring can only 
connect two nodes, but not a point and a node. Therefore, in order for springs representing the 
dMCL and MFLs to be modelled, nodes had to be introduced at the femoral (rigid body) sur-
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face, which would follow the motion of the femur under load. For this to be realised deform-
able plane strain elements were created, the connecting nodes of which were created at points 
on the surface of the femur. These elements were assigned a Young's modulus of 1,000 GPa in 
order for them to be in essence non-deformable (hence rigid) and they were in glued contact 
with the femur (see §4.2.4), so they could follow its motion under load. The springs represent-
ing the MFLs and the meniscofemoral part of the dMCL were modelled to link nodes on the 
meniscal body with nodes of these elements on the femoral surface. The tibiofemoral part of 
the dMCL did not require such an approach, as the tibia was totally fixed and would not move 
under load; nodes were introduced on the tibial surface to represent the tibial attachments of the 
dMCL; these nodes were fully constrained. 
7.3 RESULTS 
Results are presented for menisci and tibial articular cartilage at 0 and 30° of knee flex-
ion under an 800 N compressive load. Table 7.2 summarises the effect that the addition of the 
meniscal ligaments to the generic models had on peak tibial cartilage normal and meniscal 
maximum principal stresses, and Table 7.1 to meniscal horn excursions. In addition, normal 
stresses in the tibial cartilage are presented in a bar chart (peak values) (Figure 7.1) and as con-
tour maps (Figure 7.2, Figure 7.3). Maximum principal stresses in the menisci are presented in 
a bar chart (peak values) (Figure 7.1) and as coloured arrows (Figure 7.4, Figure 7.5) indicating 
magnitude (colour) and direction (arrows). 
Meniscal horn excursions did not alter with the addition of meniscal ligaments. Only at 
30° flexion did the MA horn consistently exhibit less posterior excursions compared to those 
observed in the generic model, but the differences were negligible (Table 7.1). 
The AIL's effect on articular mechanics at 0 and 30° flexion was negligible. Adding 
the MFLs to the generic models had a similar effect on articular mechanics at 0 and 30° flexion 
as did addition of the dMCL alone, and, in turn, addition of all meniscal ligaments. At full ex-
tension, peak compressive normal stresses in the medial tibial cartilage increased (by approxi-
mately 15%) whereas these decreased in the lateral tibial cartilage (by approximately 25-30%) 
(Table 7.2). In essence, medialisation of contact was observed, whereby normal stresses in the 
medial cartilage increased and in the lateral cartilage decreased compared to the values ob-
served in the generic simulation (Figure 7.2). A similar effect was not observed at 30° flexion. 
Conversely, at 30° flexion normal stresses in the lateral tibial cartilage were observed to in-
crease when the MFLs (by approximately 15-20%) or the dMCL (by approximately 5-10%) or 
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all meniscal ligaments (by approximately 5-10%) were added to the generic model and in the 
medial tibial cartilage to decrease by approximately 5-10% (Table 7.2). Distribution of normal 
cartilage stresses and location of their peak values were not observed to alter compared to those 
observed in the generic simulation (Figure 7.3). 
Flexion Meniscal horn posterior translation [mm] 
TF joint status angle [°] MA MP LA LP 
generic 30 4.7 3.3 4.0 3.3 
Percentage difference from generic 
generic with 
dMCL 30 -6 0 0 0 
generic with 
AIL 30 -4 0 0 0 
generic with 
MFLs 30 -2 0 0 0 
generic with all 
meniscal ligs. 30 -6 0 0 0 
Table 7.1: Effect of addition of meniscal ligaments at 30° flexion on meniscal horn poste-
rior translations. 
Flexion Peak tibial cartilage normal Peak meniscal maximum 
angle compressive stresses [MPa] principal stresses [MPa] 
TF joint status n Medial Lateral Medial Lateral 
generic 0 1.4 1.9 2.6 4.0 
30 2.9 2.4 6.3 7.6 
Percentage difference from generic 
generic with 0 14 -29 15 -38 
dMCL 30 -5 8 -17 0 
generic with 0 -4 0 -8 -5 
AIL 30 2 4 -2 -9 
generic with 0 14 -26 15 -38 
MFLs 30 -7 17 -10 0 
generic with all 0 14 -29 15 -35 
meniscal ligs. 30 -4 8 -17 -4 
Table 7.2: Effect of addition of meniscal ligaments on peak normal compressive stresses in 
the tibial cartilage and peak maximum principal stresses in the menisci. 
Adding the AIL to the generic models resulted in a small decrease in meniscal maxi-
mum principal stresses. Addition of the dMCL or the MFLs or of all ligaments resulted in an 
increase in peak maximum principal stresses in the medial meniscus and decrease in the lateral 
meniscus at full extension. At 30° flexion, addition of the dMCL or the MFLs or of all liga-
ments had an effect only on the medial meniscus, whereby the hoop stresses were reduced by 
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approximately 10-20%. Finally, the distribution of maximum principal stresses over the menis-
cal tissue and the location of their peak values remained similar to those observed in the generic 
simulations. 
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Figure 7.1: Peak normal compressive stresses in the tibial cartilage (top) and meniscal 
maximum principal stresses (bottom) after the addition of the meniscal ligaments. 
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Figure 7.2: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion after the addition of the meniscal ligaments. 
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Figure 7.3: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion after the addition of the meniscal ligaments. 
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Figure 7.4: Meniscal maximum principal stress distribution [MPa] at 0° knee flexion after 
the addition of the meniscal ligaments. 
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Figure 7.5: Meniscal maximum principal stress distribution [MPa] at 30° flexion after the 
addition of the meniscal ligaments. 
141 
Chapter 7 - Meniscal ligaments 
7 .4 DISCUSSION 
Meniscal ligaments were added to the generic models in order to quantify their effect 
on articular mechanics and meniscal motion. Simulations were run at 0 and 30° flexion with all 
ligaments added but also by adding one ligament at a time in order to look at individual liga-
ment effects. Whereas the AIL did not alter any of the output variables, the dMCL and the 
MFLs did, primarily at full extension. However, none of the meniscal ligaments had any sig-
nificant effect on meniscal motion. 
The outcomes of this study should be considered as heuristic since input parameters 
(such as ligament properties and initial strain) were estimated due to lack of experimental data. 
Furthermore, there are no relevant experimental studies against which to compare the results of 
the current study. Therefore results and the discussion which follows should be considered with 
such understanding. 
The AIL was modelled by Haut et al. (2002) as a single spring in their FE model of the 
TF joint, but its effect on the results was not quantified. Results from the current study show 
that the AIL has little effect on articular mechanics at full extension or 30° flexion. In light of 
these results it could be said that in modelling the TF joint up to 30° flexion with the method 
proposed in the current thesis this ligament does not need to be included. Furthermore, as dis-
cussed in Chapter 2, the anatomical variability of this ligament is substantial and it is not pre-
sent in all humans. Further exploration of the effect of this ligament should be performed be-
fore absolute conclusions can be drawn; these should include behaviour at higher flexion angles 
and sensitivity to its stiffness, but also cadaveric work on its material properties and function 
(AIL deficiency). It should be noted that in some anatomical cases part of this ligament does 
not connect the two menisci but acts as part of the MA attachment. However, in the context of 
biomechanics and this thesis, the AIL was considered only as the part that connects the MA and 
LA horns. 
The dMCL was shown to cause mediaiisation of contact at full extension when com-
pared to the generic simulation. This could be due to tension of the dMCL's meniscofemoral 
component not allowing varus rotation of the femur relative to the tibia. This constraint is not 
present in dMCL deficiency, which is what the generic models represent. In order to examine 
whether this behaviour was dependent on ligament stiffness, simulations were run at 0 and 30° 
flexion for dMCL Young's moduli of 100 and 200 MPa. The results show no differences in 
tibial stresses except for an approximately 5% difference in the lateral compartment at 30° flex-
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ion (Figure 7.6). Therefore, it can be concluded that according to the modelling approach em-
ployed in this thesis the stiffness of the dMCL, within anatomical variability and experimental 
uncertainty, does not affect articular contact, whereas dMCL presence does. 
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2 2a 
g 1.5 
Z 1.0 
0 .5 -
0 .0 
® 1 0 0 M P a 
• 1 4 5 M P a (base l ine ) 
0 2 0 0 M P a 
z 1.0 
m e d i a l lateral m e d i a l lateral 
0° flexion 30° flexion 
Figure 7.6: Peak normal compressive stresses in the tibial cartilage for various values of 
the dMCL Young's modulus. 
Addition of the MFLs to the generic model resulted in a similar effect to that of adding 
the dMCL; that is medialisation of contact at full extension and little effect at 30° flexion. 
Again, this suggests that the pMFL imposes a V/V constraint to the femur. As the femur bears 
down onto the tibia the lateral condyle contacts the lateral meniscus, which tends to extrude 
radially; the pMFL does not allow the meniscus to extrude as much as in the pMFL-deficient 
knee and hence the femur does not rotate in varus as much. The alteration in radial extrusion of 
the lateral meniscus compared to the generic simulation is not substantial, but is enough to 
change the orientation of the femur relative to the tibia under load. 
Bearing in mind the above observations, the behaviour of the joint when all meniscal 
ligaments are present is not a surprise; the AIL does has a minor effect and the dMCL and the 
MFLs have a substantial, similar effect. Therefore, the combined effect is similar to that im-
posed by adding to the generic model only the dMCL or only the MFLs. 
Recently, Amadi et al. (2008) showed that the MFL-deficient knee was experiencing 
10% greater contact stresses in the lateral compartment than the intact knee at full extension 
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under a 700 N load; the current study did not show this. When the model incorporating all me-
niscal ligaments is compared to that with only the dMCL present (which entails MFL-
deficiency), normal compressive stresses in the cartilage are observed to be similar (Table 7.2). 
However, if the generic model with the MFLs present is compared with the generic at full ex-
tension (hence MFL-deficient, but without the dMCL), compressive stresses in the lateral tibial 
cartilage are observed to be grater by approximately 25%. Therefore it may be that the effect of 
the dMCL on model response is overshadowing that of MFL-deficiency. Another factor which 
should be borne in mind is that the models presented in this thesis are missing a portion of the 
meniscal tissue, which could have played a role in the 10% difference found in the aforemen-
tioned cadaveric study. 
In summary, the effect of the meniscal attachments on articular contact was numeri-
cally studied at 0 and 30° flexion; this has not been attempted before. The AIL effect on articu-
lar contact was found to be negligible; hence it could be excluded from future models of a simi-
lar approach that investigate articular contact up to 30°. The dMCL and the MFLs had similar 
effects on articular mechanics as did inclusion of all meniscal ligaments. This was medialisa-
tion of contact at full extension, similar to that observed when V/V rotation was constrained. 
These observations should be considered as heuristic. Whilst the effect of these ligaments at 
low angles of flexion was not expected to be substantial, the effect at high angles of flexion 
would be of interest and further numerical work could elucidate this. Significantly, further ca-
daveric work is required to gain better understanding of the biomechanical role of the meniscal 
ligaments within the knee joint and to provide input data for further numerical investigation of 
TF joint articular mechanics. 
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MODELLING WIENISCAL PATHOLOGY 
8.1 INTRODUCTION 
Meniscal tears are the most common knee injuiy (Baker 1985; Campbell et al. 2001). 
Orthopaedic surgeons used to excise the injured meniscus, but now they try to preserve a part 
or the whole of the tissue, as it is well appreciated that meniscal resection increases the prob-
ability of developing degenerative changes within the joint (McDermott and Amis 2006). 
Therefore, the current attitude is to repair meniscal tears and preserve the function of the tissue. 
Nevertheless, numerous meniscal tears are irreparable, in which case partial or total 
meniscectomy is unavoidable. Several investigators have shown that meniscectomy results in 
alteration of the pattern of gait and in significant increase of contact stresses in the articular car-
tilage. Long term studies following up patients after meniscectomy have shown that they are 14 
times more likely to develop radiographic signs of osteoarthritis after 21 years (Roos et al. 
1995). Christoforakis et al. (2005) found a high correlation between severe cartilage degenera-
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tion and degenerative (complex and horizontal cleavage) meniscal tears. More recently, total 
medial meniscectomy was associated with altered gait patterns (Magyar et al. 2008). Burke et 
al. (1978) demonstrated that the pressure distribution patterns within the knee were affected 
less by partial meniscectomy with the peripheral portion of the meniscus intact, than by total 
meniscectomy. This highlights the importance of attempting to preserve the meniscus at sur-
gery, with the aim of maintaining optimum residual meniscal function. In particular, the sur-
gery should aim to preserve a continuous ring of tissue around the periphery. Furthermore, par-
tial meniscectomy does not disrupt the function of the meniscal ligaments. The consequences of 
meniscectomy have been discussed extensively by McDermott and Amis (2006) and the inci-
dence, clinical assessment and management of meniscal tears have been discussed by McDer-
mott (2006). 
The aims of this study were to (1) evaluate model behaviour in a different articular 
contact scenario whereby one or both menisci are absent (2) compare results of the meniscec-
tomised model to available experimental data on meniscectomised cadaveric knees and (3) look 
into the effect of meniscal ligaments on articular contact of the knee after lateral or medial me-
niscectomy. It was hypothesised that meniscectomy would result in greater compressive 
stresses compared to the intact joint, in line with the literature findings, and that the meniscal 
ligaments would affect the relative distribution of stresses between the medial and lateral com-
partments, in accordance with the findings in the previous chapter. 
8.2 METHOD 
Two sets of simulations were run at 0 and 30° flexion; the first was run with the rele-
vant meniscal ligaments present (all-ligament based) and the other without (generic-based). 
Each simulation set comprised the following models 
1. laterally meniscectomised joint (LM-tomy), whereby the lateral meniscus was ex-
cluded from the model, 
2. medially meniscectomised joint (MM-tomy), whereby the medial meniscus was 
excluded from the model, 
3. meniscectomised joint (M-tomy), whereby both menisci were excluded from the 
model. 
The meniscal ligaments were modelled as described in the previous chapter 
(Chapter 7). Specifically, in the simulations that included the relevant meniscal ligaments, the 
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laterally meniscectomised joint had a dMCL but not MFLs and the medially meniscectomised 
joint had MFLs but not a dMCL; the AIL was not included in any of the models because at 
least one meniscus was absent. 
8.3 RESULTS 
The absence of one or both of the menisci did not affect the stability of the FEA solu-
tion; in all simulations convergence to the tolerances was achieved. 
Results are presented for menisci and tibial articular cartilage at 0 and 30° of knee flex-
ion under an SOON compressive load. Table 8.1 summarises the effect that the pathological 
state of the joint had on the peak normal compressive and shear stresses in the tibial cartilage 
and Table 8.2 on peak meniscal principal stresses. In addition, normal and shear stresses in the 
tibial cartilage are presented in bar charts (peak values) (Figure 8.1 and Figure 8.2) and as con-
tour maps (Figure 8.3 - Figure 8.6 and Figure 8.7 - Figure 8.10). The maximum principal 
stresses in the menisci are presented as coloured arrows (Figure 8,11 - Figure 8.14) indicating 
magnitude (colour) and direction (arrows). 
Contact stresses in the tibial cartilage were observed to increase in all simulations ex-
cept for the lateral side of the medially meniscectomised joint in the generic-based simulations 
and the lateral side of the laterally meniscectomised joint in the all-ligament based simulations, 
both at 30° flexion. However, whereas in the intact knee the peak normal compressive lateral 
tibial cartilage stress was located under the meniscus, in the two aforementioned cases these 
were located at a more central region on the plateau. Furthermore, in both these cases maxi-
mum compressive stresses in regions of cartilage-to-cartilage contact in the intact joint were 
observed to increase. 
Shear stresses in the tibial cartilage were observed to increase in all simulations except 
for the lateral side at 30° flexion for laterally and totally meniscectomised joints in both all-
ligament and generic-based models. Similar to the behaviour of contact stresses, in all models 
without a lateral meniscus the maximum shear stresses were observed to occur at more central 
regions as opposed to regions under the lateral meniscus in models with the lateral meniscus in 
place. 
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Peak tibial cartilage normal Peak tibial cartilage 
TF joint Angle of compressive stresses [MPa] shear stresses [MPa] 
status flexion [°] Medial Lateral Medial Lateral 
intact 0 1.4 1.9 0.18 0.24 
(generic) 30 2.9 2.4 0 3 2 0.35 
Percentage difference from generic 
LM-tomy 0 18 29 28 25 
30 12 6 16 -20 
MM-tomy 0 4 3 11 4 
30 26 -8 6 -17 
M-tomy 0 21 34 28 29 
30 33 8 25 -26 
Table 8.1: Effect of joint pathology on peak normal compressive and shear stresses in the 
tibial cartilage (generic based simulations). 
LM-tomy: Lateral meniscectomy, MM-tomy: Medial meniscectomy, 
M-tomy: Total meniscectomy. 
Peak tibial cartilage normal Peak tibial cartilage 
TF joint Flexion compressive stresses [MPa] shear stresses [MPa] 
status angle [°] Medial Lateral Medial Lateral 
intact with 0 1.60 1.35 0 ^ 4 0.19 
ligaments 30 2J5 2jW 0.30 0.32 
Percentage difference from intact with all ligaments 
LM-tomy 0 9 4 4 5 
30 22 -21 20 -38 
MM-tomy 0 9 15 8 16 
30 7 13 10 9 
M-tomy 0 6 89 -4 63 
30 40 0 33 -19 
Table 8.2: Effect of joint pathology on peak normal compressive and shear stresses in the 
tibial cartilage (all-ligament based simulations). 
LM-tomy: Lateral meniscectomy, MM-tomy: Medial meniscectomy, 
M-tomy: Total meniscectomy. 
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Stresses in the intact meniscus were decreased with joint-pathology in the generic-
based models. In the all-ligament based models, meniscal stresses in the partly-
meniscectomised joints were similar or slightly increased when compared to those in the intact 
knee. 
TF joint Flexion Peak meniscal maximum principal stresses [MPa] 
status angle [°] Medial Lateral Medial Lateral 
intact (generic) intact with ligaments 
0 2.6 4.0 3.0 2.6 
30 6.3 7.6 5.2 7.3 
Percentage difference from Percentage difference from 
generic intact with all ligaments 
LM-tomy 0 -15 10 
30 -25 0 
MM-tomy 0 -5 0 
30 -20 10 
Table 8.3: Effect of joint pathology on peak meniscal maximum principal stresses. 
LM-tomy: Lateral meniscectomy, MM-tomy: Medial meniscectomy. 
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Figure 8.1: Peak normal compressive stresses in the tibial cartilage for various meniscec-
tomy states. 
Top: with relevant meniscal ligaments attached (all-ligament based simulations). 
Bottom: without any meniscal ligaments attached (generic based simulations). 
LM-tomy: Lateral meniscectomy, MM-tomy: Medial meniscectomy, 
M-tomy: Total meniscectomy. 
150 
Chapter 8 - Modelling meniscal pathology 
0 .40 1 
0 .35 
0 .30 
I 0 .25 -
So 
g 0.20 -
ro 
^ 0 .15 4 
CO 
0 .10 -
0 .05 
0.00 
• in tact (gener ic ) 
0 L M - t o m y 
ED IVIIVI-tomy 
a M - t o m y 
0 .40 
0 .35 
0 .30 
I 0 .25 
S 0 .20 -
ra 
^ 0 .15 
CO 
0 . 1 0 
0 .05 
0 . 0 0 
m e d i a l lateral m e d i a l lateral 
0 . 4 0 
0 . 3 5 4 
0 . 3 0 
n> 
S: 0 . 2 5 -
« 0 . 1 5 
CO 
0 . 1 0 
0 .05 -
0 . 0 0 
• in tact wi th m e n i s c a l l i gamen ts 
0 L M - t o m y 
13 M M - t o m y 
• M - t o m y 
0 . 4 0 
0 .35 
0 .30 
(0 
^ 0 .25 
ff 0.20 1 
to 
^ 0 .15 
CO 
0 .10 
0 .05 
0.00 
m e d i a l lateral m e d i a l lateral 
0° flexion 30° flexion 
Figure 8.2: Peak shear stresses in the tibial cartilage for various meniscectomy states. 
Top: with relevant meniscal ligaments attached (all-ligament based simulations). 
Bottom: without any meniscal ligaments attached (generic based simulations). 
LM-tomy; Lateral meniscectomy, MM-tomy: Medial meniscectomy, 
M-tomy; Total meniscectomy. 
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Figure 8.3: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various meniscectomy states (all-ligament based simulations). 
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Figure 8.4: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various meniscectomy states (all-ligament based simulations). 
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Figure 8.5: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various meniscectomy states (generic based simulations). 
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Figure 8.6: Normal stress distribution [MPa] in the tibial cartilage (proximal surface) at 
0° flexion for various meniscectomy states (generic based simulations). 
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Figure 8.7: Shear stress distribution [MPa] in the tibial cartilage (proximal surface) at 0° 
flexion for various meniscectomy states (all-ligament based simulations). 
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Figure 8.8: Shear stress distribution [MPa] in the tibial cartilage (proximal surface) at 30° 
flexion for various meniscectomy states (all-ligament based simulations). 
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Figure 8.9: Shear stress distribution [MPa] in the tibial cartilage (proximal surface) at 0° 
flexion for various meniscectomy states (generic based simulations). 
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Figure 8.10: Shear stress distribution [MPa] in the tibial cartilage (proximal surface) at 
30° flexion for various meniscectomy states (generic based simulations). 
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Figure 8.11: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous meniscectomy states (all-ligament based simulations). 
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Figure 8.12: Meniscal maximum principal stress distribution [MPa] at 0° flexion for vari-
ous meniscectomy states (generic based simulations). 
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Figure 8.13: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various meniscectomy states (all-ligament based simulations). 
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Figure 8.14: Meniscal maximum principal stress distribution [MPa] at 30° flexion for 
various meniscectomy states (generic based simulations). 
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8.4 DISCUSSION 
Meniscal pathology, expressed by lateral, medial and total meniscectomy, was mod-
elled with and without the meniscal ligaments present to examine articular behaviour at 0 and 
30° flexion under an 800 N axial load. In general, meniscectomy resulted in an increase of 
normal compressive and shear stresses in the tibial articular cartilage. The presence or not of 
meniscal ligaments played a significant role in resultant contact patterns and absolute values of 
stresses in the meniscectomised joint. 
It should be noted that the kinematic dataset used in the models was derived for intact 
joints whereas the models in this chapter represent pathological joints. Meniscal deficiency 
should be expected to have an effect on the resulting kinematics after load application, espe-
cially regarding I/E rotation of the femur relative to the tibia, because the meniscus has been 
shown to act as a secondary restraint to I/E rotation (Levy et al. 1989); the models in this chap-
ter were run with the generic constraints, which included constrained I/E rotation. Therefore the 
results presented herein should be considered with such understanding. 
In the all-ligament based models, the increase in lateral compartment stresses after me-
dial and total meniscectomy are probably partly due to the absence of the dMCL, which allows 
for the femur to move freely in varus. This can be deduced by comparing the results of the all-
ligament based models with those of the generic based models; the increase in lateral stresses 
are greater in the all-ligament based simulations rather than in the generic-based. The effect of 
the dMCL on V/V angulation can also be observed after lateral meniscectomy, when stresses 
(and contact area at 30° flexion) in the medial compartment increased, whereas in the lateral 
compartment they remained similar to those of the intact joint. 
Experimental data on the increase of tibial contact stresses post-meniscectomy are 
available, but the values reported span across a large range, from 5% to 235% (Table 8.4); this 
reflects the different protocols and methods employed to extract such measures. However, all 
studies agree that tibial cartilage contact stresses, irrespective of load, location and angle of 
flexion, increase after meniscectomy. The effect of meniscectomies on tibial cartilage stresses 
in this thesis is not observed to be consistently as large as shown in experimental studies. This 
is probably due to the absence of a significant part of the meniscal tissue's width in the models 
of this thesis. It can be observed that cartilage-to-cartilage contact areas were not predicted to 
change significantly after meniscectomy (Figure 8.3, Figure 8.4). 
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It should be noted that peak values of stresses (normal, but especially shear) in the lat-
eral tibial cartilage at 30° flexion were observed to decrease with lateral and total meniscec-
tomy (Table 8.1, Table 8.2). This is because in the intact models the peak values were located 
underneath the meniscus, where the meniscus is pushed "downhill" over the convex tibial pla-
teau, whereas in the meniscectomised models the peak values were located in cartilage-to-
cartilage contact areas, more centrally in the tibial plateau. For example, the peak shear stress 
values at cartilage-to-cartilage contact areas were observed to increase with lateral and total 
meniscectomy by approximately 40% (Figure 8.10). 
Flexion Peak tibial cartilage compressive 
Load angle stress [MPa] 
Study Location [N] [°] Intact Men/mised % increase 
McDermott et Lateral 700 0 2 - 8 5 - 1 0 -100 
al. (2008) 
Allaire et al. Medial 1000 0 5.2 5.0 -4 
(2008) 30 4.5 6.8 50 
60 5.5 7.3 33 
90 5.3 7.2 36 
Dienst et al. Lateral 1000 0 1.3 2.0 55 
(2007) 30 1.4 2.0 45 
Baratz et al. Medial 1800+ 0 1.5 5 235 
(1986) 
Sekaran et al. Mediaf 1200 0 3.1 3.3 5 
(2002) 15 3.8 4.5 20 
30 3.7 6.3 70 
45 4.0 7.0 75 
Alhalki et al. Medial 1000 30 2.8 3.3 20 
(1999y 
Chen et al. Lateral 310 0 2L0' 60 
(2001) 30 
60 
^ 1 DoF apparatus; only axial translation 
* autograft 
* pressure film saturated at meniscectomy. Only percentage increase values available 
average value across the angles of flexion tested 
Table 8.4: Peak normal compressive stresses in the tibial cartilage measured experimen-
tally for intact and meniscectomised joints. 
In conclusion, the meniscectomised joint with and without the meniscal ligaments was 
studied at 0 and 30° flexion and its mechanical response was compared to that of the intact 
joint. In general, stresses in the tibial cartilage were observed to increase with joint pathology. 
However, the effect was not as large as the experimental literature suggests. This was probably 
due to two factors: firstly, the menisci in the current models are not as wide as the normal, av-
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erage meniscus, and secondly, the input kinematic data used in the current models for the me-
niscus-deficient joint were derived experimentally for the intact joint. Kinematic data for knees 
with meniscal pathology could be used within the context of the semi-constrained kinematic 
method proposed in this thesis to further investigate and compare lateral with medial meniscec-
tomy. Finally, inclusion of the dMCL in the meniscus-deficient models was observed to have a 
significant influence on the distribution of stresses between compartments. 
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SUMMARY, DISCUSSION AND FUTURE 
WORK 
9.1 SUMMARY 
The menisci play a significant role in load bearing of the knee joint, thus protecting the 
underlying articular cartilage from developing osteoarthritis, but are also the most frequently 
injured soft tissues within the knee joint. Advances in orthopaedic surgery have focused on pre-
serving the injured tissue by repairing it. However, if the tissue is beyond repair, orthopaedic 
surgeons are forced to excise it. Currently, although not practiced widely, an answer to this is 
replacement of the whole tissue with an allograft or artificial implant. The success rate of such 
intervention is currently not satisfactory and biomechanical parameters responsible for partial 
or total failure of the implanted tissue are not fully understood. 
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The detailed function of the meniscal tissue is related to its microstructure (predomi-
nance of circumferential fibres) and to its attachments to the underlying bone (insertional liga-
ments) (Chapter 2). The menisci are not tethered to the bone as much as other similar structures 
like the acetabular and glenoid labrae. This relates directly to their biomechanical function. The 
importance of the insertional ligaments in the overall function of the menisci has not yet been 
appreciated in the literature. Trauma of the insertional ligaments can lead to malfunction of the 
meniscus. What is more, in allografting, the location and the stiffness of the insertions as well 
as the surgical procedure could be important to the functionality of the allograft within the 
joint. The surgical procedure that positions the allograft will define its degree of mobility and 
the pattern of excursion. This could be significantly different from the behaviour of the native 
meniscus, resulting in partial loss of the functional role of the tissue within the joint. 
The functional role of the ligaments attached to the menisci and how they influence 
meniscal response under load has not been studied extensively in the literature. These ligaments 
have been sacrificed in many different types of soft tissue surgery of the knee, and their effect 
on the load transmission characteristics of the menisci is poorly understood. 
Finite element analysis is a powerful computational tool able to investigate mechanical 
behaviour of complex systems. Use of FEA in modelling biomechanical systems is continually 
increasing and, as computational power becomes cheaper and more efficient, accuracy of simu-
lations is also improving. The introduction of such a tool in subject-specific surgical interven-
tions would be the ultimate conclusion of such modelling efforts. It is within this line of 
thought that the current study was instituted. 
Modelling of the menisci and of the whole TF joint has followed the computational ad-
vance over the years; from simple mathematical models to 2D FE axi-symmetric models, to full 
3D FE models (Chapter 3). Various modelling approaches have been proposed, including dif-
ferent material models, different methods in acquiring the geometry of the structures and dif-
ferent loading and boundary conditions. Still, many of these have contributed towards better 
understanding the mechanical behaviour of the TF joint and the meniscus. However, none of 
them examined the behaviour of the joint at angles of flexion other than full extension or re-
ported stresses within the meniscal tissue; furthermore, none of them investigated the func-
tional role of the insertional and meniscal ligaments. The current study represents an effort to-
wards improving our understanding of meniscal behaviour and articular contact within the TF 
joint and of insertional and meniscal ligament function at various angles of flexion. 
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The FE models of the TF joint constructed within the context of this thesis follow a 
semi-constrained kinematic approach. In order to facilitate a fixture vision of subject-specific 
modelling, the geometry of the TF joint structures was acquired from high resolution MR im-
ages. The distal femur, proximal tibia, femoral and tibial cartilage and menisci were manually 
segmented using medical-imaging reconstruction software (Amira, Visage Imaging, USA). The 
resulting surfaces were imported and 3D meshed in a non-linear FEA software (MSC.Marc, 
MSC.Software, USA). Bony structures were assumed to be rigid and articular cartilage was 
assigned linearly elastic and isotropic material properties. In order to account for the predomi-
nantly circumferentially orientated meniscal fibres, linearly elastic and transversely isotropic 
material properties were assigned to the meniscal tissue. Meniscal insertional ligaments were 
modelled as non-compressive linear springs. Experimentally derived kinematic datasets were 
used to position the bony structures relative to each other at different angles of knee flexion. 
Flexion-extension, internal-external rotation and anterior-posterior drawer were constrained at 
each angle of flexion and a one body weight compressive load (800 N) was applied to the fe-
mur; the distal tibia was totally fixed; all soft tissues were left unconstrained to freely deform. 
This novel, semi-constrained approach in modelling the TF joint does not require modelling of 
the major knee ligaments, as their contribution to kinematics was accounted for from the input 
kinematic datasets. The boundary conditions used to realise this approach were arrived at after 
sensitivity analysis of the model to the level of constraint had been carried out. 
Results for articular contact mechanics such as stresses in the tibial cartilage and in the 
meniscal tissue were calculated, but also meniscal motion was quantified. Different contact pat-
terns and locations of maximum normal and shear stresses were observed for the various angles 
of fiexion. Results for the meniscal horn translations at each angle of flexion were compared 
against experimental data available in the literature, showing good agreement for the medial 
meniscus and underestimated translations for the lateral meniscus. 
Sensitivity analyses were run regarding boundary conditions and material properties of 
articular cartilage and menisci. It was found that for the semi-constrained kinematic approach 
internal-external rotation and anterior-posterior translation should be constrained for the final 
equilibrium position of the joint under load to be physiological, in line with the input kinematic 
data. Articular cartilage material properties did not influence contact patterns and meniscal mo-
tion, but influenced the actual values of stresses within the tissues. Since there is significant 
uncertainty associated with the material properties, the actual values of stresses should be con-
sidered as indicative, but reliable to deduce comparative conclusions. The effect of meniscal 
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material properties on cartilage stresses was not as great as that of cartilage material properties. 
However, representation of the meniscal tissue as isotropic significantly altered the cartilage 
stresses and also magnitude and distribution of the meniscal stresses; therefore, such a material 
model for the meniscus should be considered as non-representative of the tissue's function 
within the TF joint. 
Sensitivity analysis was also run to investigate parameters associated with the meniscal 
insertional ligaments. It was found that the stiffness of these ligaments did not influence the 
mechanical response of the TF structures under load; conversely, their actual location of at-
tachment did. The location of the anterior attachments influenced articular mechanics and me-
niscal motion more than location of the posterior insertions did. This is a key finding and di-
rectly relates to meniscal allograft design and to surgical intervention planning. 
Inclusion of the meniscal ligaments in the models was shown to have variable effects. 
The AIL was observed not to influence joint response; however, both dMCL and MFLs did. 
Inclusion of either or both of these ligaments was shown to have an effect on the distribution of 
stresses between the two compartments. Although this finding could be key in assessing the 
modelling methodology and the functional role of these ligaments within the joint, it should be 
considered only as heuristic due to the modelling assumptions and the lack of experimental 
data. 
Finally, medial, lateral and total meniscectomy were shown to cause an increase in 
tibial cartilage stresses, but this, however, was not as large as expected according to the ex-
perimental literature. Limitations associated with mensical geometry acquisition and modelling 
methodology expressed by lack of meniscus-deficient kinematic data, are probably responsible 
for the underestimation of the effect of mensical pathology on articular mechanics. 
Overall, the novel modelling methodology assumed for the purposes of this thesis was 
shown to provide a means for exploring the biomechanics of the meniscus and the TF joint. 
The aims originally set out for this thesis were met; the models were able to predict articular 
mechanics and meniscal motion at different angles of flexion; modelling aspects and assump-
tions were investigated through sensitivity analyses and their effects on model outputs were 
quantified; the ligaments attached to the menisci were included in the models and their effect 
on joint response was quantified. Modelling of the TF joint at angles of flexion beyond full ex-
tension and modelling of all the meniscal ligaments had not been attempted before. 
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It is well understood that "good" modelling is defined by how "good" the assumptions 
associated with it are. The modelling approach incorporated in this thesis was questioned 
within this thesis for a number of its assumptions; hence the quality of the model was assessed, 
at least to a degree. Of course, further investigation of assumptions and model behaviour across 
a greater span of input variables could be carried out; however, this should be based on engi-
neering judgment and the intended use of the model. In the context of this thesis the level of 
investigation of model assumptions was judged adequate, 
9.2 DISCUSSION AND FUTURE WORK 
A numerical model of a natural system has limitations by definition; the models pre-
sented in this thesis are not an exception. The main limitations associated with the current mod-
els are the accuracy of geometrical representation of soft tissues (especially the menisci), the 
absolute values of input kinematic data in degrees of freedom that are constrained and the na-
ture and distributions of material properties. These limitations are expected to have influenced 
the results presented but not hampered the derived conclusions. 
The main innovation of this work is the development and application of a novel ap-
proach in modelling the physiological TF joint, the semi-constrained kinematic approach; this 
allowed for modelling the joint and exploring meniscal biomechanics at angles of flexion other 
than full extension. An additional novelty is the inclusion of the meniscal ligaments in model-
ling of the meniscus within the TF joint. These features lay the grounds for subject-specific 
modelling of the joint for use in clinical practice, but also for further exploitation of the model-
ling technique to explore the biomechanics of meniscal substitutes or repairs, the biomechanics 
of articular cartilage within the joint environment, the biomechanics of the deficient TF-joint 
and, indeed, the biomechanics of other joints and associated soft fissues in a subject-specific 
setting. 
The predictive ability of the semi-constrained, kinematic approach is dependent upon 
the input kinematic dataset itself. The use of average kinematic data for the current models is a 
limitation, which needs to be further addressed in the light of in vivo subject-specific model-
ling. There are two possible methods to overcome this limitation, both associated with signifi-
cant experimental work. 
The first would be to further explore the predictive ability of the models based on aver-
age kinematic data. This requires a data bank of cadaveric knee kinematic data to be built, and 
then used to assess statistically the variations among specimens. In order for average kinematic 
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data to be reliable for use, sensitivity analysis using kinematic data varied up to at least one 
standard deviation from the mean values should be performed and the effect on model response 
assessed. It might be that male and female knees should be considered separately as they are 
anatomically different in that they have different V/V orientations (female knees tend to be in 
greater valgus than male knees). Therefore, the data bank of kinematic data may need to be cor-
related to geometrical data; depending on geometric characteristic observed in imaging data of 
a specific subject, the respective average kinematic dataset should be used in the model in order 
for the results to be reliable. 
The second method to obtain kinematic data for input would be acquisition of subject-
specific kinematics in vivo. This can be accomplished using dynamic imaging techniques (e.g. 
dynamic MRI (Vedi et al. 1999; Logan et al. 2004; Barrance et al. 2005; Rankin et al. 2006) or 
video-fluoroscopy (Dennis et al. 2005; Benoit et al. 2007)) or motion tracking (Hemmerich et 
al. 2006). A significant drawback in acquiring the kinematic data in vivo is that the patients 
might have sustained a knee injury, in which case the kinematics will be abnormal. Another 
drawback is that these methods require expensive equipment and facilities that are not com-
monplace in a clinical setting. Finally, motion tracking in vivo is less accurate compared to in 
vitro due to the markers being placed on the skin, and skin movement introduces errors. 
Geometry acquisition is probably the greatest drawback towards exploitation of the 
modelling technique proposed in this thesis in a clinical setting. Currently, segmentation of MR 
images is not automated, hence requires time of human labour and is variable in accuracy, as 
this depends on the specifications of the MR scanner and the ability of the observer to distin-
guish borders of tissues. This was a significant limitation in this thesis, particularly regarding 
the geometry of the meniscal tissue, where the thin inner part was lost after segmentation and 
mesh generation. Moreover, surface mesh generation of individually segmented tissues means 
that overlapping or gap formation will occur at boundaries; this, in turn, means that manual in-
tervention is required to correct these flaws, which entails more human labour and, potentially, 
ftirther loss in accuracy. Furthermore, MR imaging itself is currently expensive. Therefore, an-
other, more automated and cheaper method for geometry acquisition should be considered. This 
could be statistical shape modelling, whereby only a few landmarks on each tissue would be 
adequate to generate geometric entities. Modelling of this type uses an "average" shape for 
each structure based on a bank of MRI datasets and, by using landmarks of the structure in 
question, can "deform" the average shape to that of the desired (Yang et al. 2008; Sigal et al. 
2008). In addition, algorithms for smoothing and refining the surface mesh of complex geomet-
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rical entities which include portions of small thickness have been developed recently and ap-
plied in computational studies of other biological tissues (Peiro et al. 2007; Peiro et al. 2008). 
Incorporation of such algorithms for increased accuracy of the input geometry would be one 
more step towards automating model generation for application in clinical practice. 
The material models used in this work assumed linear elasticity of soft tissues. Of 
course soft tissues have a very complex mechanical behaviour arising from their complex and 
multi-component microstructure. However, unnecessary complexity in modelling is not de-
sired, because it results in increased computational cost and involves uncertainties associated 
with input parameters. Modelling assumptions, including those for material models, are based 
on the desired output; that is the behaviour under specific conditions of the system in question. 
In this work the desired output was meniscal behaviour under static, high-frequency load, 
which substantiates the material modelling assumptions made. Still, there is a further aspect in 
a material model that entails uncertainty; the actual material properties assigned. Lack of sig-
nificant experimental work on derivation of material properties and the nature of the tissue it-
self mean that the values assumed are just an informed estimation. Therefore, this uncertainty 
can only be dealt with numerically, either using sensitivity analysis or optimisation analysis for 
model calibration against experimental data. In the former, the material properties are varied 
within a physiologically relevant range (based on experimental data) and the effect on the out-
put variables is quantified. In the latter, the material properties are estimated (preferably within 
a physiologically relevant range) by minimising the difference between model output and ex-
pected output from relevant experimental data; model output could be one or a number of vari-
ables, depending on the availability of experimental data. This approach consists model calibra-
tion for a specific natural process; that is, the process for which the optimisation analysis was 
run. It should be noted that the optimal values of material properties derived for one set of ex-
perimental data are not necessarily equal to the optimal values for another set of experimental 
data. 
With regard to the sensitivity analysis that was run in order to quantify and assess the 
effect of material properties on model output, more elegant methods compared to the one-
parameter-at-a-time employed in this thesis have been used elsewhere (Yao et al. 2008b). The 
design of experiments with simulation models is vital when dealing with multi-parameter prob-
lems and open systems, where there is high uncertainty in values and expected behaviour. 
However, based on clinical and anatomical findings and on engineering judgement the isolated 
effect in model output of specific parameters was of interest in this thesis. A matrix of com-
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bined effects of material parameters to model output could have been a neat, albeit unnecessary 
and possibly at times non-physiological, numerical exercise. 
In linear elasticity, the number of independent material properties is 2 for isotropy (ar-
ticular cartilage in the current models) and 5 for transverse isotropy (meniscus in the current 
models). Inclusion of further anisotropy, inhomogeneity and non-linearity (for example, inclu-
sion of water content, discrimination between fibre and proteoglycan or charged ion content, 
viscoelastic effects, location-dependent properties) would require estimation of more material 
parameters. This gives rise to a number of problems. Firstly, for a number of these properties 
even a range of physiological values is unknown. Also, the increase in material parameters in-
volves non-uniqueness in solution, i.e. more than one set of parameter values can give the same 
solution. This means that the modeller becomes blind to whether on not the input material pa-
rameters are reasonable, hence loses engineering judgement. Most importantly, determination 
of such parameters is coupled with challenging experimental work. Ideally, a phenomenologi-
cal, mathematical model of soft tissue, which would simulate tissue behaviour in any kind of 
mechanical environment, would be the desired input to a joint model. However, such an ap-
proach is subject to the aforementioned numerical and experimental barriers. 
A review of various computational models in the literature towards the understanding 
of the mechanical behaviour of articular cartilage concludes that "... the requirements of a ma-
terial model are highly dependent on the research question" (Wilson et al. 2005). It is well un-
derstood that articular cartilage - and every other connective tissue - is highly inhomogeneous 
and anisotropic. However, the more features of the tissue's microstructure one wants to include 
when constructing a model, the larger the number of material parameters to be deter-
mined/estimated and, correspondingly, the larger the error margin and the uncertainty of the 
result, thus the less utilisable. Unless the determined parameters can be interpreted in terms of 
the "research question", there is no need for unnecessary complexity; the clinical relevance, i.e. 
the connection to pathology, physiology, treatment and repair is the key factor which should 
drive model development. 
Nevertheless, use of other material models in the current models (more complex or 
similar in complexity) is a path that could be explored in the future, depending on the research 
question. For example, the meniscus in the current models could have been modelled as a com-
posite, consisting of a weak matrix reinforced with collagen fibres with physiological orienta-
tion; this has been attempted before (Bendjaballah et al. 1995). Such material model would not 
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require more material parameters than the transversely isotropic model. However, the actual 
values of these parameters can only be estimated and not derived experimentally. 
Articular cartilage has been extensively modelled in the literature in isolation (§4.4.3). 
The popularity in modelling articular cartilage arises from the need to understand the mecha-
nisms of initiation and progression of osteoarthritis of the articular cartilage, a disease that af-
fects a large amount of the population. However, these models have not yet been introduced in 
larger scale modelling and their importance in understanding articular mechanics in the joint 
remains unclear. Enhancement of the current models with soft tissue material models which 
account for the water content (poroelastic or biphasic) could be a valuable numerical exercise 
to explore the effect of subsequent increase in material complexity on model output and com-
pare it with experimental data. Relevant experiments that would test the models for validity and 
provide feedback to model development are extensively discussed later in the text. 
All meniseal ligaments involved in the current models were modelled as linear, non-
compressive springs. Historically, ligaments have been modelled as one-dimensional tensile 
structures to account for their predominant function to withstand tensile load. More recently, 
two and three-dimensional models of ligament have been exploited; these model ligaments as 
fibre-reinforced composites or as transversely isotropic hyperelastic tissues with a strain energy 
function that accounts for fibre orientation and volumetric changes. Also, FE techniques have 
been introduced to account for the "zero-length" (i.e. the free length, where the ligament is nei-
ther bearing load nor buckled; this is related to sequential recruitment of fibres when load bear-
ing and to pre-tensioning when attached to its bony insertions). These ligament models have 
been explored in isolation (Gardiner and Weiss 2003) and in joint models (Pena et al. 2006a), 
but not in order to model any of the meniscal ligaments. As discussed previously, increased 
complexity in modelling requires material parameters to be determined experimentally. There-
fore, such a modelling approach should be combined with significant experimental work, which 
in some cases is particularly challenging. Nonetheless, further work could focus on investigat-
ing the effect to model output of different meniscal ligament models. The main further aspect in 
ligament mechanics that needs to be accounted for in the current models is the non-linear rela-
tionship between load and extension for small loads; ligaments (and all fibrous soft tissues) ex-
perience a characteristic toe region in low loads during which fibre uncrimping and fibre re-
cruitment occurs (Viidik 1972). In this region, as the elongation increases, the gradient of the 
cui-ve steepens, representing the stretching and gradual recruitment of the fibres. Once the 
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crimped structure has straightened out, further application of load leads to a distinct linear por-
tion; the load-extension curve exhibits a linear relationship (Woo et al. 2006). 
In the current models the mensical insertional ligaments were modelled as springs con-
necting each mensical horn with a single point on the tibial plateau; this is anatomically incor-
rect, but numerically convenient as it simulates the desired mechanical effect (i.e. the meniscus 
pivots about the insertion point when load bearing). Further model development could include a 
more anatomical representation of the insertional ligaments; for example the non-compressive 
springs (or cable elements) could connect the horn with an insertion area (i.e. a cloud of 
points). This approach would require each spring to have a unique zero length after which it 
will start to bear load, else meniscal movement would be significantly restricted and the major-
ity of the load would be carried by very few springs, leading to non-physiological mechanical 
behaviour. Hence, such an approach should be coupled with significant experimental work to 
provide input for ligament modelling. How this then relates to a subject-specific instantiation of 
these parameters would then have to be assessed. 
A reliable and robust model of the system in question allows for numerous virtual ex-
periments to be run; experiments that would otherwise be impossible or too expensive to run. 
Furthermore, a model can aid the design of experiments by identifying variables that could be 
key to the behaviour of the system. In order to achieve model reliability, experimental data 
should be used to enhance but also challenge the model. Model development is impossible 
without experiments; it is a constant feedback loop. 
Therefore, future work should be focused on laboratory testing of human knee Joints in 
order to calibrate and test for validation modelling design; this is essential in the light of use of 
the models in clinical practice. A first series of experiments should focus on assessing the mod-
els presented in this thesis, hence challenging the semi-constrained, kinematic approach. For a 
set of cadaveric knees, MRJ data, kinematic data and stress and strain data under load should be 
acquired in the laboratory. This will provide subject-specific models with subject-specific input 
data and subject-specific output data for calibration and validation of the models; such wealth 
of data can be enlightening on modelling aspects that could not have been explored in the con-
text of this thesis. 
Specifically, output data for calibrating and testing the model for validation can be ac-
quired by loading human knee joints in vitro-, such tests have been done before (Huang et al. 
2002; Lee et al. 2006; McDermott et al. 2008; Allaire et al. 2008). The experimental measures 
for comparison with model output could consist of contact stresses, contact areas and meniscal 
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strains. These experiments would require a uniaxial test machine to load the TF joint at the de-
sired angle of knee flexion. The knee would be mounted in the test machine using a fixture that 
controls F/E and I/E orientation and A-P position - according to the kinematic data - and al-
lows other movements to occur, thus allowing load redistribution in response to altered articu-
lar mechanics. While the knee is loaded, the pressure transmitted through the articular surfaces, 
both directly from femur to tibia and also through the meniscus, would be measured and dis-
played graphically using a system that uses a thin sensing film interposed into the joint (Huang 
et al. 2002; Lee et al. 2006; McDermott et al. 2008; Allaire et al. 2008). This would provide 
data for contact stresses and contact areas on the tibial cartilage. In addition, miniature exten-
someters (DVRTs) could be placed on the outer rim and around the meniscal circumference to 
measure hoop strains on the peripheral surfaces of the menisci. Alternatively, this could be also 
accomplished using optical methods, by placing beads in the meniscal periphery (Tienen et al. 
2005). Furthermore, the MRI-acquired geometrical accuracy could be assessed by physically 
acquiring the geometry of each structure comprising the joint; this could be accomplished in the 
laboratory by using digitising robotic equipment (Haut Donahue et al. 2002). Then, the re-
sponse under load of an MRI-derived model can be compared against a model of the same knee 
of which the geometry has been acquired physically. 
In addition, subject-specific experiments to acquire material properties could also be 
conducted to feed input data into the models; these, for example, could be indentation testing 
for articular cartilage (Shepherd and Seedhom 1999; Korhonen et al. 2002) and tensile testing 
for meniscal tissue and meniscal ligaments (Tissakht and Ahmed 1995; Haut Donahue and 
Hauch 2008). Still, in the light of subject-specific models of patients in vivo, the subject-
specific material properties can not be known, and, furthermore, it has been demonstrated that 
soft-tissue properties degenerate with age (Noyes and Grood 1976; Kempson 1982; Woo et al. 
1991). These introduce a factor of uncertainty in input material parameters; hence, further sen-
sitivity analyses should be conducted on soft-tissue material properties using range of values 
reported in the literature and from possible in-house tests in order to calibrate and further assess 
model predictability in a subject-specific setting. 
The semi-constrained, kinematic approach can be further used to investigate numeri-
cally the mechanical environment associated with cartilage degeneration and onset and pro-
gression of osteoarthritis (OA). Historically, the direct link between mechanics and OA pro-
gression has been known, but has not been quantified on an individual basis. As discussed pre-
viously, there is a plethora of computational models that look into the general mechanical re-
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sponse of articular cartilage under load using various modelling approaches. However, they 
focus on a geometrically idealised articular cartilage with its underlying subhondral bone, 
without taking into account the three-dimensional geometrical changes (e.g. variability of carti-
lage thickness) or the three-dimensional loading environment imposed by the other half of the 
joint (e.g. localisation of loads at different angles of joint flexion). These are important subtle-
ties if one wants to quantify OA on an individual basis; the semi-constrained, kinematic ap-
proach can be utilised for this purpose. Moreover, it is believed that onset of OA relates to ab-
normal joint kinematics (Andriacchi et al. 2004). These could be a result of soft-tissue injury, 
such as to the ACL or meniscus, which result in load being concentrated onto areas of cartilage 
that are not adapted to withstand the resulting stresses. The modelling approach proposed in 
this thesis could be used to model this situation, provided that subject-specific kinematic data 
of the deficient joints are available (either in vitro or in vivo, as discussed previously). Using a 
similar modelling approach Andriacchi et al. (2006) modelled articular cartilage thinning in 
ACL-deficient knee joints using FEA and in vivo kinematic data. They modelled articular carti-
lage as linearly elastic and isotropic attaching to a rigid subchondral bone (the menisci were not 
included). They used the local value of octahedral shear stress as the measure which defines 
progression of cartilage degeneration. They employed a "thinning" algorithm, whereby loca-
tions of high octahedral shear stresses were reduced in thickness the greater the octahedral 
shear stresses was; the modified geometiy of cartilage was subjected iteratively to the same 
joint loading until, eventually, regions of complete thickness loss appeared. 
It is believed that deep joint flexion is associated with meniscal injury, especially of the 
posterior horn of the medial meniscus (McDermott 2006). Although kinematic data at deep 
flexion were available, modelling of the TF joint at deep flexion was not possible with the 
modelling approach employed in this thesis. The main reason for this was that the menisci, and 
especially the lateral meniscus, could not assume a physiological position after load application 
due to their undeformed, initial position. The lateral femoral condyle was contacting the apex 
of the posterior horn of the undeformed lateral meniscus from posterior, and hence the tapered 
shape of the tissue could not be utilised. Enhancements in the modelling approach could be in-
corporated to obtain results at high angles of flexion; these could include the menisci assuming 
a different initial position before load application; this position could be the equilibrium posi-
tion of the meniscus as predicted by the model of a lower angle of flexion. 
The model can be used and enhanced in order to investigate meniscal tears and the me-
chanics of repair devices and implants. The loads to which repair devices are subjected to are 
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unknown; hence design parameters related to their strength could be identified through model-
ling and subsequently assessed physically in the laboratory. Similarly, the current models could 
be used further to identify key parameters in implant design, such as material structure, inser-
tions and geometry before manufacturing and testing such expensive devices in the laboratory. 
The shape and mobility of the meniscus and anatomical variability are significant barriers in 
manufacturing an implant that can recreate meniscal function in a subject-specific setting. Ex-
perimental studies of such devices are limited and have shown poor mechanical properties of 
body and fixation (Tienen et al. 2004; Tienen et al. 2006). Therefore, geometry and material 
properties of implant design prototypes could be input in the current TF-models of this thesis to 
run numerical tests and look at the mechanical response of the implant within the joint setting 
at various angles of flexion. 
Finally, the modelling approach employed in this thesis could be used to model other 
human joints, like the shoulder, the hip or the patello-femoral (PF) joint. The glenoid labrum of 
the shoulder joint and the acetabular labrum of the hip joint are soft tissues of similar histologi-
cal characteristics to the meniscus, therefore the modelling approach in this thesis should be 
easily transferable to construct models of those joints. Especially for the shoulder joint, kine-
matic datasets are available in the literature (Meskers et al. 1998; Anglin and Wyss 2000) and 
can be used as input to construct a semi-constrained, kinematic model of the shoulder joint in 
order to look into labral mechanics; this has not been attempted before. Kinematic datasets of 
the knee joint used in this thesis could also be used as input to construct a semi-constrained, 
kinematic model of the PF-joint at various angles of knee-joint flexion and look into patella 
tracking and patellar cartilage contact stresses. 
This study is one step towards subject-specific modelling for use in clinical practice. 
The next steps are associated with significant experimental work and enhancements in model-
ling of the soft tissues. 
179 
REFERENCES 
Alhalki MM, Howell SM, Hull ML (1999). How three methods for fixing a medial meniscal 
autograft affect tibial contact mechanics. American Journal of Sports Medicine, 27(3):320-
328. 
Alhalki MM, Hull ML, Howell SM (2000). Contact mechanics of the medial tibial plateau after 
implantation of a medial meniscal allograft: a human cadaveric study. American Journal of 
Sports Medicine, 28(3):370-376. 
Allaire R, Muriuki M, Gilbertson L, Hamer CD (2008). Biomechanical consequences of a tear 
of the posterior root of the medial meniscus. Similar to total meniscectomy. Journal of 
Bone and Joint Surgery, 90(9): 1922-1931. 
Allen CR, Wong EK, Livesay GA, Masataka S, Fu FH, Woo SL (2000). Importance of the me-
dial meniscus in the anterior cruciate ligament-deficient knee. Journal of Orthopaedic Re-
search, 18(1): 109 
Amadi HO, Gupte CM, Lie DT, McDermott ID, Amis AA, Bull AMJ (2008). A biomechanical 
study of the meniscofemoral ligaments and their contribution to contact pressure reduction 
in the knee. Knee Surgery, Sports Traumatology, Arthroscopy, 16(11):1004-1008. 
Amiri S, Cooke D, Kim I, Wyss U (2007). Mechanics of the passive knee joint. Part 2: interac-
tion between the ligaments and the articular surfaces in guiding the joint motion. Proceed-
ings of the Institution of Mechanical Engineers Part H, Journal of Engineering in Medicine, 
221(H8):821-832. 
Amis AA, Bull AMJ, McDermott ID (2004). Caracteristiques biomecaniques des ligaments et 
des menisques du genou [Biomechanical fimction of knee ligaments and menisci]. In: 
Pathologic ligamentaire du genou, edited by P.Landreau, et al, pp. 45-60. Springer Verlag, 
Paris, France. 
Amis AA, Gupte CM, Bull AMJ, Edwards A (2006). Anatomy of the posterior cruciate liga-
ment and the meniscofemoral ligaments. Knee Surgery, Sports Traumatology, Arthroscopy, 
14(3):257-263. 
Anderson AE, Ellis BJ, Weiss JA (2007). Verification, validation and sensitivity studies in 
computational biomechanics. Computer Methods in Biomechanics and Biomedical Engi-
neering, 10(3): 171-184. 
Andriacchi TP, Briant PL, Bevill SL, Koo S (2006). Rotational changes at the knee after ACL 
injury cause cartilage thinning. Clinical Orthopaedics and Related Research, 442:39-44. 
Andriacchi TP, Mundermann A, Smith RL, Alexander EJ, Dyrby CO, Koo S (2004). A frame-
work for the in vivo pathomechanics of osteoarthritis at the knee. Annals of Biomedical En-
gineering, 32(3):447-457. 
Anglin C and Wyss U (2000). Review of arm motion analyses. Proceedings of the Institution 
of Mechanical Engineers Part H, Journal of Engineering in Medicine, 214(H5):541-555. 
Aspden KM (1985). A model for the function and failure of the meniscus. Engineering in 
Medicine, 14(3): 119-122. 
180 
References 
Aydin A, Ozenci A, Ozcanli H, Ozdemir H, Urguden M (2002). The reference point to measure 
the anterior intermeniscal ligament's thickness: an MRI study. Knee Surgery, Sports Trau-
matology, Arthroscopy, 10(6):343-346. 
Aydingoz U, Kaya A, Atay AO, Oztiirk HM, Doral NM (2002). MR imaging of the anterior 
intermeniscal ligament: classification according to insertion sites. European radiology, 
12(4):824-829. 
Baker BE (1985). Review of meniscal injury and associated sports. American Journal of 
Sports Medicine, 13(1): 1-4. 
Baratz ME, Fu FH, Mengato R (1986). Meniscal tears: the effect of meniscectomy and of repair 
on intraarticular contact areas and stress in the human knee. A preliminary report. American 
Journal of Sports Medicine, 14(4):270-275. 
Barrance PJ, Williams GN, Novotny JE, Buchanan TS (2005). A method for measurement of 
joint kinematics in vivo by registration of 3-D geometric models with cine phase contrast 
magnetic resonance imaging data. Journal of Biomechanical Engineering, 127(5):829-837. 
Bartos M, Kestranek J, Kestranek Z, Nedoma J, Stehlik J (1999). On the 2D and 3D finite ele-
ment simulation in orthopaedy using MRI. Mathematics and Computers in Simulation, 
50(1-4):! 15-121. 
Beaupre A, Choukroun R, Guidouin R, Gameau R, Gerardin H, Cardou A (1986). Knee me-
nisci. Correlation between microstructure and biomechanics. Clinical Orthopaedics and Re-
lated Research, (208): 72-75. 
Beek M, Koolstra JH, van Ruijven LJ, van Eijden TMGJ (2000). Three-dimensional finite ele-
ment analysis of the human temporomandibular joint disc. Journal of Biomechanics, 
33(3):307-316. 
Beillas P, Lee SW, Tashman S, Yang KH (2007). Sensitivity of the tibio-femoral response to 
finite element modeling parameters. Computer Methods in Biomechanics and Biomedical 
Engineering, 10(3):209-221. 
Bendjaballah MZ, Shirazi-Adl A, Zukor DJ (1995). Biomechanics of the human knee joint in 
compression: reconstruction, mesh generation and finite element analysis. The Knee, 
2(2):69-79. 
Bendjaballah MZ, Shirazi-Adl A, Zukor DJ (1997). Finite element analysis of human knee joint 
in varus-valgus. Clinical Biomechanics, 12(3): 139-148. 
Bendjaballah MZ, Shirazi-Adl A, Zukor DJ (1998). Biomechanical response of the passive 
human knee joint under anterior-posterior forces. Clinical Biomechanics, 13(8):625-633. 
Benoit DL, Ramsey DK, Lamontagne M, Xu L, Wretenberg P, Renstrom P (2007). In vivo 
knee kinematics during gait reveals new rotation profiles and smaller translations. Clinical 
Orthopaedics and Related Research, (454):81-88. 
Berlet GC and Fowler PJ (1998). The anterior horn of the medial meniscus: an anatomic study 
of its insertion. American Journal of Sports Medicine, 26(4):540-543. 
181 
References 
Bull A, Kessler O, Alam M, Amis A (2008). Changes in knee kinematics reflect the articular 
geometry after arthroplasty. Clinical Orthopaedics and Related Research, 466(10):2491-
2499. 
Bullough PG, Munuera L, Murphy J, Weinstein AM (1970). The strength of the menisci of the 
knee as it relates to their fine structure. Journal of Bone and Joint Surgery - British Volume, 
52-B(3):564-567. 
Burke DL, Ahmed AM, Miller J (1978). A biomechanical study of partial and total medial me-
niscectomy of the knee. Transactions of the Orthopaedics Research Society, 3:91 
Butler DL, Kay MD, Stouffer DC (1986). Comparison of material properties in fascicle-bone 
units from human patellar tendon and knee ligaments. Journal of Biomechanics, 19(6):425-
432. 
Campbell SE, Sanders TG, Morrison WB (2001). MR imaging of meniscal cysts: incidence, 
location, and clinical significance. American Journal of Roentgenology, 177(2):409-413. 
Carlsson LA and Pipes RB (1997). Experimental characterization of advanced composite ma-
terials. Technomic Publishing Company, Inc., Lancaster, Pennsylvania, USA. 
Chabanas M, Luboz V, Payan Y (2003). Patient specific finite element model of the face soft 
tissues for computer-assisted maxillofacial surgery. Medical Image Analysis, 7(2): 131-151. 
Chen MI, Branch TP, Hutton WC (1996). Is it important to secure the horns during lateral me-
niscal transplantation? A cadaveric study. Arthroscopy: the Journal of Arthroscopic & Re-
lated Surgery, 12(2): 174-181. 
Christoforakis J, Pradhan R, Sanchez-Ballester J, Hunt N, Strachan RK (2005). Is there an as-
sociation between articular cartilage changes and degenerative meniscus tears? Arthro-
scopy: the Journal of Arthroscopic & Related Surgery, 21(11):1366-1369. 
Dennis DA, Mahfouz MR, Komistek RD, Hoff W (2005). In vivo determination of normal and 
anterior cruciate ligament-deficient knee kinematics. Journal of Biomechanics, 38(2):241-
253. 
Dienst M, Greis PE, Ellis BJ, Bachus KN, Burks RT (2007). Effect of lateral meniscal allograft 
sizing on contact mechanics of the lateral tibial plateau: an experimental study in human ca-
daveric knee joints. American Journal of Sports Medicine, 35(l):34-42. 
Donzelli PS, Spilker RL, Ateshian GA, Mow VC (1999). Contact analysis of biphasic trans-
versely isotropic cartilage layers and correlations with tissue failure. Journal of Biomechan-
ics, 32(10): 1037-1047. 
Dowling NE (1999). Mechanical behavior of materials: engineering methods for deformation, 
fracture andfatigue. Prentice Hall, Inc., New Jersey, USA. 
Drosos GI and Pozo JL (2004). The causes and mechanisms of meniscal injuries in the sporting 
and non-sporting environment in an unselected population. The Knee, 11(2): 143-149. 
Ferguson SJ, Bryant JT, Ito K (2001). The material properties of the bovine acetabular labrum. 
Journal of Orthopaedic Research, 19(5):887-896. 
182 
References 
Fithian DC, Kelly MA, Mow VC (1990). Material properties and structure-function relation-
ships in the menisci. Clinical Orthopaedics and Related Research, (252): 19-31. 
Fukubayashi T and Kurosawa H (1980). The contact area and pressure distribution pattern of 
the knee. A study of normal and osteoarthrotic knee joints. Acta Orthopaedica Scandi-
navica, 51(6):871-879. 
Fukubayashi T, Torzilli PA, Sherman MF, Warren RF (1982). An in vitro biomechanical 
evaluation of anterior-posterior motion of the knee. Tibial displacement, rotation, and 
torque. Journal of Bone and Joint Surgery, 64(2):258-264. 
Garcia JJ, Altiero NJ, Haut RC (2000). Estimation of in situ elastic properties of biphasic carti-
lage based on transversely isotropic hypo-elastic model. Journal of Biomechanical Engi-
neering, 122:1-8. 
Gardiner JC and Weiss JA (2003). Subject-specific finite element analysis of the human medial 
collateral ligament during valgus knee loading. Journal of Orthopaedic Research, 
21(6):1098-1106. 
Goertzen DJ, Budney DR, Cinats JG (1997). Methodology and apparatus to determine material 
properties of the knee joint meniscus. Medical Engineering & Physics, I9(5):412-419. 
Goldsmith AAJ, Hayes A, Cliflt SE (1996). Application of finite elements to the stress analysis 
of articular cartilage. Medical Engineering & Physics, 18(2):89-98. 
Grood ES and Suntay WJ (1983). A joint coordinate system for the clinical description of 
three-dimensional motions: application to the knee. Journal of Biomechanical Engineering, 
105(2): 136-144. 
Gupte CM, Bull AMJ, Murray R, Amis AA (2007). Comparative anatomy of the menis-
cofemoral ligament in humans and some domestic mammals. Anatomia, histologia, embry-
ologia, 36(l):47-52. 
Gupte CM, Smith A, McDermott ID, Bull AMJ, Thomas RD, Amis AA (2002a). Menis-
cofemoral ligaments revisited. Anatomical study, age correlation and clinical implications. 
Journal of Bone and Joint Surgery - British Volume, 84-B(6):846-851. 
Gupte CM, Bull AM, Thomas RD, Amis AA (2003a). A review of the function and biome-
chanics of the meniscofemoral ligaments. Arthroscopy, 19(2): 161-171. 
Gupte CM, Bull AMJ, Thomas RD, Amis AA (2003b). The meniscofemoral ligaments: secon-
dary restraints to the posterior drawer. Analysis of anteroposterior and rotary laxity in the 
intact and posterior-cruciate-deficient knee. Journal of Bone and Joint Surgery - British 
Volume, 85-B(5):765-773. 
Gupte CM, Smith A, Jamieson N, Bull AMJ, Thomas RD, Amis AA (2002b). Meniscofemoral 
ligaments-structural and material properties. Journal of Biomechanics, 35(12): 1623-1629. 
Hansen U, Masouros S, Amis AA (2006). (iii) Material properties of biological tissues related 
to joint surgery. Current Orthopaedics, 20(1): 16-22. 
Hasler EM, Herzog W, Wu JZ, Muller W, Wyss U (1999). Articular cartilage biomechanics: 
theoretical models material properties and biosynthetic response. Critical Reviews in Bio-
medical Engineering, 27(6):415-488. 
183 
References 
Haut Donahue TL and Hauch K (2008). Local material properties of human meniscal horn at-
tachments. Journal of Biomechanics, 41 (Supplement 1):S509 
Haut Donahue TL, Hull ML, Rashid MM, Jacobs CR (2002). A finite element model of the 
human knee joint for the study of tibio-femoral contact. Journal of Biomechanical Engi-
neering, 124(3):273-280. 
Haut Donahue TL, Hull ML, Rashid MM, Jacobs CR (2003). How the stiffness of meniscal 
attachments and meniscal material properties affect tibio-femoral contact pressure computed 
using a validated finite element model of the human knee joint. Journal of Biomechanics, 
36(1): 19-34. 
Haut TL, Hull ML, Howell SM (2000). Use of roentgenography and magnetic resonance imag-
ing to predict meniscal geometry determined with a three-dimensional coordinate digitizing 
system. Journal of Orthopaedic Research, 18(2):228-237. 
Hayes WC, Keer LM, Herrmann G, Mockros LF (1972). A mathematical analysis for indenta-
tion tests of articular cartilage. Journal of Biomechanics, 5(5):541-551. 
Hayes WC and Mockros LF (1971). Viscoelastic properties of human articular cartilage. Jour-
nal of Applied Physiology, 31(4):562-568. 
Hefzy M and Grood E (1988). Review of knee models. Applied Mechanics Reviews, 41(1). 
Hemmerich A, Brown H, Smith S, Marthandam SSK, Wyss UP (2006). Hip, knee, and ankle 
kinematics of high range of motion activities of daily living. Journal of Orthopaedic Re-
fgorcA, 24(4):770-78L 
Hori RY and Mockros LF (1976). Indentation tests of human articular cartilage. Journal of 
Biomechanics, 9(4):259-268. 
Huang A, Hull ML, Howell SM, Haut Donahue T (2002). Identification of cross-sectional pa-
rameters of lateral meniscal allografts that predict tibial contact pressure in human cadaveric 
knees. Journal of Biomechanical Engineering, 124(5):481-489. 
Hunter D, Zhang Y, Niu J, Tu X, Am in S, Clancy M, Guermazi A, Grigorian M, Gale D, et al. 
(2006). The association of meniscal pathologic changes with cartilage loss in symptomatic 
knee osteoarthritis. Arthritis and Rheumatism, 54(3):795-801. 
Ishiko T, Naito M, Moriyama S (2005). Tensile properties of the human acetabular labrum-the 
first report. Journal of Orthopaedic Research, 23(6): 1448-1453. 
Iwaki H, Pinskerova V, Freeman MAR (2000). Tibiofemoral movement 1: the shapes and rela-
tive movements of the femur and tibia in the unloaded cadaver knee. Journal of Bone and 
Joint Surgery - British Volume, 82-B(8): 1189-1195. 
Jilani A, Shirazi-Adl A, Bendjaballah MZ (1997). Biomechanics of human tibio-femoral joint 
in axial rotation. The Knee, 4(4):203-213. 
Joshi MD, Suh JK, Marui T, Woo SL (1995). Interspecies variation of compressive biome-
chanical properties of the meniscus. Journal of Biomedical Materials Research, 29(7): 823-
828. 
184 
References 
Kaminsky J, Klinge P, Bokemeyer M, Samii M (2003). 3D segmentation and finite element 
modelling of spine segments. International Congress Series, 1256:41-46. 
Kang Y, Engeike K, Kalender WA (2004). Interactive 3D editing tools for image segmentation. 
Medical Image Analysis, 8(l):35-46. 
Kempson GE (1982). Relationship between the tensile properties of articular cartilage from the 
human knee and age. Annals of the Rheumatic Diseases, 41(5):508-511. 
Klisch S (2006). A bimodular theory for finite deformations: comparison of orthotropic second-
order and exponential stress constitutive equations for articular cartilage. Biomechanics and 
Modeling in Mechanobiology, 5(2):90-101. 
Kohn D and Moreno B (1995). Meniscus insertion anatomy as a basis for meniscus replace-
ment: a morphological cadaveric study. Arthroscopy: the Journal of Arthroscopic & Re-
lated Surgery, 11 (1):96-103. 
Korhonen RK, Laasanen MS, Toyras J, Rieppo J, Hirvonen J, Helminen HJ, Jurvelin JS (2002). 
Comparison of the equilibrium response of articular cartilage in unconfined compression, 
confined compression and indentation. Journal of Biomechanics, 35(7):903-909. 
Krause WR, Pope MH, Johnson RJ, Wilder DG (1976). Mechanical changes in the knee after 
meniscectomy. Journal of Bone and Joint Surgery, 58(5):599-604. 
Kurosawa H, Fukubayashi T, Nakajima H (1980). Load-bearing mode of the knee joint: physi-
cal behavior of the knee joint with or without menisci. Clinical Orthopaedics and Related 
Research, (149):283-290. 
Lai WM, Hou JS, Mow VC (1991). A triphasic theory for the swelling and deformation behav-
iors of articular cartilage. Journal of Biomechanical Engineering, 113(3):245-258. 
LaPrade RF, Engebretsen AH, Ly TV, Johansen S, Wentorf FA, Engebretsen L (2007). The 
anatomy of the medial part of the knee. Journal of Bone and Joint Surgery, 89(9):2000-
2010. 
Lechner K, Hull ML, Howell SM (2000). Is the circumferential tensile modulus within a hu-
man medial meniscus affected by the test sample location and cross-sectional area? Journal 
of Orthopaedic Research, 18(6):945-951. 
Lee SJ, Aadalen KJ, Malaviya P, Lorenz EP, Hayden JK, Farr J, Kang RW, Cole BJ (2006). 
Tibiofemoral contact mechanics after serial medial meniscectomies in the human cadaveric 
knee. American Journal of Sports Medicine, 34(8): 1334-1344. 
Levy IM, Torzilh PA, Gould JD, Warren RF (1989). The effect of lateral meniscectomy on mo-
tion of the knee. Journal of Bone and Joint Surgery, 71(3):401-406. 
Levy IM, Torzilli PA, Warren RF (1982). The effect of medial meniscectomy on anterior-
posterior motion of the knee. Journal of Bone and Joint Surgery, 64(6): 883-888. 
Li G, Gil J, Kanamori A, Woo S (1999a). A validated three-dimensional computational model 
of a human knee joint. Journal of Biomechanical Engineering, 121(6):657-662. 
185 
References 
Li G, Lopez O, Rubash H (2001). Variability of a three-dimensional finite element model con-
structed using magnetic resonance images of a knee for joint contact stress analysis. Jour-
nal of Biomechanical Engineering, 123:341-346. 
Li LP, Buschmann MD, Shirazi-Adl A (2000). A fibril reinforced nonhomogeneous poroelastic 
' model for articular cartilage: inhomogeneous response in unconfined compression. Journal 
of Biomechanics, 33(12): 1533-1541. 
Li LP, Shirazi-Adl A, Buschmann MD (2002). Alterations in mechanical behaviour of articular 
cartilage due to changes in depth varying material properties—a nonhomogeneous poroelas-
tic model study. Computer Methods in Biomechanics and Biomedical Engineering, 5(1):45-
52. 
Li LP, Soulhat J, Buschmann MD, Shirazi-Adl A (1999b). Nonlinear analysis of cartilage in 
unconfined ramp compression using a fibril reinforced poroelastic model. Clinical Biome-
chanics, 14(9):673-682. 
Li L, Shirazi-Adl A, Buschmann MD (2003). Investigation of mechanical behavior of articular 
cartilage by fibril reinforced poroelastic models. Biorheology, 40(l-3):227-233. 
Limbert G, Taylor M, Middleton J (2004). Three-dimensional finite element modelling of the 
human ACL: simulation of passive knee flexion with a stressed and stress-free ACL. Jour-
nal of Biomechanics, 37(11):! 723-1731. 
Limbert G and Taylor M (2002). On the constitutive modeling of biological soft connective 
tissues: A general theoretical framework and explicit forms of the tensors of elasticity for 
strongly anisotropic continuum fiber-reinforced composites at finite strain. International 
Journal of Solids and Structures, 39(8):2343-2358. 
Logan M, Dunstan E, Robinson J, Williams A, Gedroyc W, Freeman M (2004). Tibiofemoral 
kinematics of the anterior cruciate ligament (ACL)-deficient weightbearing, living knee em-
ploying vertical access open "interventional" multiple resonance imaging. American Jour-
nal of Sports Medicine, 32(3):720-726. 
Lorensen WE and Cline HE (1987). Marching cubes: a high resolution 3D surface construction 
algorithm. Computer Graphics (ACM), 21(4): 163-169. 
Magyar O, Illyes A, Knoll Z, Kiss R (2008). Effect of medial meniscectomy on gait parame-
ters. Knee Surgery, Sports Traumatology, Arthroscopy, 16(4):427-433. 
Mak AF (1986). The apparent viscoelastic behavior of articular cartilage—the contributions 
from the intrinsic matrix viscoelasticity and interstitial fluid flows. Journal of Biomechani-
cal Engineering, 108(2): 123-130. 
Markolf KL, Bargar WL, Shoemaker SC, Amstutz HC (1981). The role of joint load in knee 
stability. Journal of Bone and Joint Surgery, 63(4):570-585. 
Markolf KL, Mensch JS, Amstutz HC (1976). Stiffness and laxity of the knee - the contribu-
tions of the supporting structures. A quantitative in vitro study. Journal of Bone and Joint 
Surgery, 58(5):583-594. 
McDermott ID and Amis AA (2006). The consequences of meniscectomy. Journal of Bone 
and Joint Surgery - British Volume, 88-B(12): 1549-1556. 
186 
References 
McDermott ID, Lie DT, Edwards A, Bull AMJ, Amis AA (2008). The effects of lateral menis-
cal allograft transplantation techniques on tibio-femoral contact pressures. Knee Surgery, 
Sports Traumatology, Arthroscopy, 16(6):553-560. 
McDermott ID (2006). (ii) Meniscal tears. Current Orthopaedics, 20(2):85-94. 
McDevitt CA and Webber RJ (1990). The ultrastructure and biochemistry of meniscal carti-
lage. Clinical Orthopaedics and Related Research, (252):8-18. 
Meakin JR, Shrive NG, Frank CB, Hart DA (2003). Finite element analysis of the meniscus: 
the influence of geometry and material properties on its behaviour. The Knee, 10(1):33-41. 
Meskers CGM, Vermeulen HM, de Groot JH, van der Helm FCT, Rozing PM (1998). 3D 
shoulder position measurements using a six-degree-of-freedom electromagnetic tracking de-
vice. Clinical Biomechanics, 13(4-5):280-292. 
Messner K and Gao J (1998). The menisci of the knee joint. Anatomical and functional charac-
teristics, and a rationale for clinical treatment. Journal of Anatomy, 193 ( Pt 2):161-178. 
Mow VC, Kuei SC, Lai WM, Armstrong CG (1980). Biphasic creep and stress relaxation of 
articular cartilage in compression? Theory and experiments. Journal of Biomechanical En-
gineering, 102(l):73-84. 
Muratsu H, Ishimoto K, Kurosaka M, Yoshima S, Mizuno K (2000). The mechanical mapping 
of the meniscus. Proceedings of the 46th Annual Meeting, Orthopaedic Research Society, 
Orlando, Florida :171 
Nelder JA and Mead R (1965). A simplex method for function minimisation. The Computer 
Journal, 7:308-313. 
Nelson EW and LaPrade RF (2000). The anterior intermeniscal ligament of the knee: an anat-
omic study. American Journal of Sports Medicine, 28(l):74-76. 
Noyes FR and Grood ES (1976). The strength of the anterior cruciate ligament in humans and 
Rhesus monkeys. Journal of Bone and Joint Surgery, 58(8): 1074-1082. 
Nuno N and Ahmed AM (2003). Three-dimensional morphometry of the femoral condyles. 
Clinical Biomechanics, 18(10):924-932. 
Oloyede A, Flachsmann R, Broom ND (1992). The dramatic influence of loading velocity on 
the compressive response of articular cartilage. Connective Tissue Research, 27(4):211-
224. 
Oreskes N, Shrader-Frechette K, Belitz K (1994). Verification, validation, and confirmation of 
numerical models in the earth sciences. Science, 263(5147):641-646. 
Oretorp N, Gillquist J, Liljedahl SO (1979). Long term results of surgery for non-acute an-
teromedial rotatory instability of the knee. Acta Orthopaedica Scandinavica, 50(3):329-
336. 
Paletta GA, Jr., Manning T, Snell E, Parker R, Bergfeld J (1997). The effect of allograft menis-
cal replacement on intraarticular contact area and pressures in the human knee: a biome-
chanical study. American Journal of Sports Medicine, 25(5):692-698. 
187 
References 
Park S, Hung CT, Ateshian GA (2004). Mechanical response of bovine articular cartilage under 
dynamic unconfmed compression loading at physiological stress levels. Osteoarthritis and 
Cartilage, 12(l):65-73. 
Peiro J, Formaggia L, Gazzola M, Radaelli A, Rigamonti V (2007). Shape reconstruction from 
medical images and quality mesh generation via implicit surfaces. International Journal for 
Numerical Methods in Fluids, 53(8): 1339-1360. 
Peiro J, Sherwin S, Giordana S (2008). Automatic reconstruction of a patient-specific high-
order surface representation and its application to mesh generation for CFD calculations. 
Medical & Biological Engineering & Computing, 46(11); 1069-1083. 
Pena E, Calvo B, Martinez MA, Doblare M (2006a). A three-dimensional finite element analy-
sis of the combined behavior of ligaments and menisci in the healthy human knee joint. 
Journal of Biomechanics, 39(9);1686-1701. 
Pena E, Calvo B, Martinez MA, Palanca D, Doblare M (2005). Finite element analysis of the 
effect of meniscal tears and meniscectomies on human knee biomechanics. Clinical Biome-
chanics, 20(5):498-507. 
Pena E, Calvo B, Martinez MA, Palanca D, Doblare M (2006b). Why lateral meniscectomy is 
more dangerous than medial meniscectomy. A finite element study. Journal of Orthopaedic 
Research, 24(5):1001-1010. 
Penrose JMT, Holt GM, Beaugonin M, Hose DR (2002). Development of an accurate three-
dimensional finite element knee model. Computer Methods in Biomechanics and Biomedi-
cal Engineering, 5(4):291-300. 
Perie D and Hobatho MC (1998). in vivo determination of contact areas and pressure of the 
femorotibial joint using non-linear finite element analysis. Clinical Biomechanics, 
13 (6): 3 94-402. 
Petersen W and Tillmann B (1998). Collagenous fibril texture of the human knee joint menisci. 
Anatomy and Embryology, 197(4);317-324. 
Proctor CS, Schmidt MB, Whipple RR, Kelly MA, Mow VC (1989). Material properties of the 
normal medial bovine meniscus. Journal of Orthopaedic Research, 7(6):771-782. 
Quapp KM and Weiss JA (1998). Material characterization of human medial collateral liga-
ment. Journal of BiomechanicalEngineering, 120(6):757-763. 
Race A and Amis AA (1994). The mechanical properties of the two bundles of the human pos-
terior cruciate ligament. Journal of Biomechanics, 27(1): 13-24. 
Raj on DA and Bolch WE (2003). Marching cube algorithm: review and trilinear interpolation 
adaptation for image-based dosimetric models. Computerized Medical Imaging and Graph-
ics, 27(5) :411-435. 
Rankin M, Noyes FR, Barber-Westin SD, Hushek SG, Seow A (2006). Human meniscus al-
lografts in vivo size and motion characteristics: magnetic resonance imaging assessment un-
der weightbearing conditions. American Journal of Sports Medicine, 34(1):98-107. 
Renstrom P and Johnson RJ (1990). Anatomy and biomechanics of the menisci. Clinics in 
Sports Medicine, 9(3):523-538. 
188 
References 
Robinson JR, Sanchez-Ballester J, Bull AMJ, Thomas RR, Amis AA (2004). The posterome-
dial corner revisited: an anatomical description of the passive restraining structures of the 
medial aspect of the human knee. Journal of Bone and Joint Surgery - British Volume, 86-
B(5):674-681. 
Robinson JR, Bull AMJ, Amis AA (2005). Structural properties of the medial collateral liga-
ment complex of the human knee. Journal of Biomechanics, 38(5): 1067-1074. 
Robinson JR, Bull AMJ, Thomas RR, Amis AA (2006). The role of the medial collateral liga-
ment and posteromedial capsule in controlling knee laxity. American Journal of Sports 
Medicine, 34(11):1815-1823. 
Roos E (2005). Joint injury causes knee osteoarthritis in young adults. Current Opinion in 
Rheumatology, 17(2): 195-200. 
Roos H, Adalberth T, Dahlberg L, Lohmander LS (1995). Osteoarthritis of the knee after injury 
to the anterior cruciate ligament or meniscus: the influence of time and age. Osteoarthritis 
and Cartilage, 3(4):261-267. 
Saltelli A, Chan K, and Scott EM (2000). Sensitivity analysis. John Wiley & Sons, New York, 
USA. 
Samani A, Bishop J, Yaffe MJ, Plewes DB (2001). Biomechanical 3-D finite element modeling 
of the human breast using MRI data. IEEE Transactions on Medical Imaging, 20(4):271-
279. 
Scholes SC, Bull AMJ, Unsworth A, Amis AA (2004). Biomechanics of articulations and de-
rangements in disease. In: Oxford Textbook of Rheumatology, edited by D.A.Isenberg, etal, 
pp. 379-387. Oxford University Press, New York. 
Seedhom BB (1976). Loadbearing function of the menisci. Physiotherapy, 62(7):223 
Seedhom BB (1979). Transmission of the load in the knee joint with special reference to the 
role of the menisci Part I: anatomy, analysis and apparatus. Engineering in Medicine, 
8(4):207-219. 
Seedhom BB and Hargreaves D (1979). Transmission of the load in the knee joint with special 
reference to the role of the menisci Part II: experimental results, discussion and conclusions. 
Engineering in Medicine, 8(4):220-228. 
Sekaran SV, Hull ML, Howell SM (2002), Nonanatomic location of the posterior horn of a me-
dial meniscal autograft implanted in a cadaveric knee adversely affects the pressure distribu-
tion on the tibial plateau. American Journal of Sports Medicine, 30(l):74-82. 
Shepherd DE and Seedhom BB (1999). The 'instantaneous' compressive modulus of human 
articular cartilage in joints of the lower limb. Rheumatology, 38(2): 124-132. 
Shoemaker SC and Markolf KL (1986). The role of the meniscus in the anterior-posterior sta-
bility of the loaded anterior cruciate-deficient knee. Effects of partial versus total excision. 
Journal of Bone and Joint Surgery, 68(l):71-79. 
Sigal lA, Hardisty MR, Whyne CM (2008). Mesh-morphing algorithms for specimen-specific 
finite element modeling. Journal of Biomechanics, 41(7):1381-1389. 
189 
References 
Smith CD, Masouros SD, Hill AM, Wallace AL, Amis AA, Bull AMJ (2008). Tensile proper-
ties of the human glenoid labrum. Journal of Anatomy, 212(l):49-54. 
Sommerlath K and Gillquist J (1992). The effect of a meniscal prosthesis on knee biomechan-
ics and cartilage. An experimental study in rabbits. American Journal of Sports Medicine, 
20(1):73-81. 
Spilker RL, Donzelli PS, Mow VC (1992). A transversely isotropic biphasic finite element 
model of the meniscus. Journal of Biomechanics, 25(9): 1027-1045. 
Sweigart MA, Zhu CF, Burt DM, deHoll PD, Agrawal CM, Clanton TO, Athanasiou KA 
(2004). Intraspecies and interspecies comparison of the compressive properties of the medial 
meniscus. Annals of Biomedical Engineering, 32(11): 1569-1579. 
Tanaka E, Rodrigo DP, Tanaka M, Kawaguchi A, Shibazaki T, Tanne K (2001). Stress analysis 
in the TMJ during jaw opening by use of a three-dimensional finite element model based on 
magnetic resonance images. International Journal of Oral and Maxillofacial Surgery, 
30(5):421-430. 
Thambyah A, Nather A, Goh J (2006). Mechanical properties of articular cartilage covered by 
the meniscus. Osteoarthritis and Cartilage, 14(6):580-588. 
Tienen TG, Buma P, Scholten JGF, van Kampen A, Veth RPH, Verdonschot N (2005). Dis-
placement of the medial meniscus within the passive motion characteristics of the human 
knee joint: an RSA study in human cadaver knees. Knee Surgery, Sports Traumatology, Ar-
throscopy, 13(4):287-292. 
Tienen TG, Verdonschot N, Heijkants RGJC, Buma P, Scholten JGF, van Kampen A, Veth 
RPH (2004). Prosthetic replacement of the medial meniscus in cadaveric knees: does the 
prosthesis mimic the functional behavior of the native meniscus? American Journal of 
Sports Medicine, 32(5): 1182-1188. 
Tienen TG, Heijkants RGJC, de Groot JH, Pennings AJ, Schouten AJ, Veth RPH, Buma P 
(2006). Replacement of the knee meniscus by a porous polymer implant: a study in dogs. 
American Journal of Sports Medicine, 34(1):64-71. 
Tissakht M and Ahmed AM (1995). Tensile stress-strain characteristics of the human meniscal 
material. Journal of Biomechanics, 28(4):411-422. 
Ulrich D, van Rietbergen B, Weinans H, Ruegsegger P (1998). Finite element analysis of tra-
becular bone structure: a comparison of image-based meshing techniques. Journal of Bio-
mechanics, 31(12):1187-1192. 
Vedi V, Williams A, Tennant SJ, Spouse E, Hunt DM, Gedroyc WM (1999). Meniscal move-
ment. An in-vivo study using dynamic MRI. Journal of Bone and Joint Surgery - British 
Volume, 81-B(1):37-41. 
Viidik A (1972). Simultaneous mechanical and light microscopic studies of collagen fibers. 
Zeitschrift Fur Anatomie UndEntwicklungsgeschichte, 136(2):204-212. 
Villegas DF, Maes JA, Magee SD, Haut Donahue TL (2007). Failure properties and strain dis-
tribution analysis of meniscal attachments. Journal of Biomechanics, 40(12):2655-2662. 
190 
References 
Voloshin AS and Wosk J (1983). Shock absorption of meniscectomized and painful knees: a 
comparative in vivo study. Journal of Biomedical Engineering, 5(2): 157-161. 
von Lewinski G, Kohn D, Wirth CJ, Lazovic D (2008). The influence of nonanatomical inser-
tion and incongruence of meniscal transplants on the articular cartilage in an ovine model. 
American Journal of Sports Medicine, 36(5):841-850. 
Walker PS and Erkman MJ (1975). The role of the menisci in force transmission across the 
knee. Clinical Orthopaedics and Related Research, (109): 184-192. 
Wang CJ and Walker PS (1974). Rotatory laxity of the human knee joint. Journal of Bone and 
Joint Surgery, 56(1):161-170. 
Weiss JA, Maker BN, Govindjee S (1996). Finite element implementation of incompressible, 
transversely isotropic hyperelasticity. Computer Methods in Applied Mechanics and Engi-
neering, 135(1-2):107-128. 
Wilson W, van Donkelaar CC, van Rietbergen R, Huiskes R (2005). The role of computational 
models in the search for the mechanical behavior and damage mechanisms of articular carti-
lage. Medical Engineering & Physics, 27(10):810-826. 
Wilson W, van Rietbergen B, van Donkelaar CC, Huiskes R (2003). Pathways of load-induced 
cartilage damage causing cartilage degeneration in the knee after meniscectomy. Journal of 
Biomechanics, 36(6):845-851. 
Wirth CJ (1996). The meniscus-structure, morphology and function. The Knee, 3(l-2):57-58. 
Woo SL, Mollis JM, Adams DJ, Lyon RM, Takai S (1991). Tensile properties of the human 
femur-anterior cruciate ligament-tibia complex. The effects of specimen age and orientation. 
American Journal of Sports Medicine, 19(3):217-225. 
Woo SLY, Abramowitch SD, Kilger R, Liang R (2006). Biomechanics of knee ligaments: in-
jury, healing, and repair. Journal of Biomechanics, 39(1): 1-20. 
Wu G and Cavanagh PR (1995). ISB recommendations for standardization in the reporting of 
kinematic data. Journal of Biomechanics, 28(10): 1257-1261. 
Yang YM, Rueckert D, Bull AMJ (2008). Predicting the shapes of bones at a joint: application 
to the shoulder. Computer Methods in Biomechanics and Biomedical Engineering, 
l l(l):19-30. 
Yao J, Dong L, Lerner A (2004). Variability in FE modeling of in vivo knee joint axial loading 
due to model geometry and mesh density. 12th Annual Symposium on Computational 
Methods in Orthopaedic Biomechanics, San Francisco, CA 
Yao J, Funkenbusch P, Snibbe J, Maloney M, Lemer A (2006). Sensitivities of medial meniscal 
motion and deformation to material properties of articular cartilage, meniscus and meniscal 
attachments using design of experiments methods. Journal of Biomechanical Engineering, 
128(3):399-408. 
Yao J, Lancianese S, Hovinga K, Lee J, Lemer AL (2008a). Magnetic resonance image analy-
sis of meniscal translation and tibio-menisco-femoral contact in deep knee flexion. Journal 
of Orthopaedic Research, 26(5):673-684. 
191 
References 
Yao J, Salo AD, Lee J, Lemer AL (2008b). Sensitivity of tibio-menisco-femoral joint contact 
behavior to variations in knee kinematics. Journal of Biomechanics, 41(2):390-398. 
192 
PUBLICATIONS AND PRESENTATIONS 
Journal articles 
Masouros, SD, McDermott, ID, Amis, AA, Bull, AMJB (2008). Biomechanics of the meniscus-
meniscal ligament construct of the knee. Knee Surgery, Sports Traumatology, Arthroscopy, 
16(12):1121-1132. 
McDermott, ID, Masouros, SD, Amis, AA (2008). Biomechanics of the menisci of the knee. 
Currect Orthopaedics, 22(3): 193-201. 
Hansen, U, Masouros, S, and Amis, AA (2006). (iii) Material properties of biological tissues 
related to joint surgery. Current Orthopaedics, 20(1): 16-22. 
Conference proceedings 
Masouros, SD, Bull, AMJ, Hansen, UN, and Amis, AA (2007). Finite element modelling of the 
menisci within the tibio-femoral joint. Presented at the 3"^^ Congress of the Hellenic Society 
of biomechanics in September 2008 (Athens, Greece). 
Masouros, SD, Bull, AMJ, Hansen, UN, and Amis, AA (2007). Finite element modelling of the 
menisci within the tibio-femoral joint. Presented at the ISAKOS meeting in May 2007 
(Florence, Italy). 
Masouros, SD, Bull, AMJ, Hansen, UN, and Amis, AA (2006). Applying constraints in finite 
element modelling of articular structures. Journal of Biomechanics, 39(Supplement 
1):S407. Presented at the World Congress of Biomechanics in August 2006 (Munich, Ger-
many). 
Masouros, SD, Bull, AMJ, Hansen, UN, and Amis, AA (2006). Modelling articular contact of 
the knee with the finite element method. T' prize winner poster in the T' symposium of the 
Musculoskeletal Technology Network in March 2006 (Imperial College, London). 
Invited presentations 
2"'' Windsor International Symposium in Current Concepts on Knee Surgery, (London, April 
2008). Anatomy and biomechanics of the menisci. 
Meditech meeting: Medicine and life sciences: a computational approach (London, December 
2006). Finite element modelling of the knee joint: a semi-constrained kinematic approach.. 
193 
Appendix I 
BONE COORDINATE SYSTEMS 
1.1 DEFINITIONS 
A global coordinate system of reference is required in order to uniquely define transla-
tions, rotations, relative positions and, in general, points in space. For convenience the global 
coordinate system of reference coincides with the local coordinate system of the tibia. In this 
appendix, the local coordinate systems of the tibia and the femur bones of the knee joint are 
defined. Let x-, y- and z-axis be the mediolateral (M-L), the anterior-posterior (A-P) and the 
long (or axial) axis of the bone, respectively. It should be noted that in order to uniquely define 
a coordinate system, two axes at right angles with each other need to be defined; the third axis 
is mutually perpendicular to the other two; the origin is the point of intersection. 
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1.2 THE LOCAL COORDINATE SYSTEM OF THE TIBIA 
The lack of imaging and physical data of the whole leg in this thesis did not allow for 
the tibial long axis to be defined using points and cross sections throughout the bone's length. 
Therefore, an alternative approach was implemented, whereby axial planes on the tibial plateau 
were defined; then the tibial long axis was defined as being perpendicular to the average of 
these planes. 
The two compartments of the tibial plateau, medial and lateral, were not in the same 
axial plane (Figure 9.1). Therefore, points on the rim of the lateral and the medial tibial plateau 
(Figure 9.2) were digitised separately and their coordinates were recorded. The z-coordinate of 
all points on the rim of the medial plateau was within 1% from one another and of the lateral 
plateau 0.5%; this resolution was judged adequate to define a plane and did not necessitate fit-
ting of a plane to the data. Hence, the long axis of the tibia was taken as the actual z-axis of the 
imaging data, with the two compartments in different, parallel planes to this imaging plane. 
Super ior 
Medial Lateral 
inferior 
Figure 9.1: Coronal view of the tibia. 
The medial plateau lies superiorly to the lateral plateau. 
195 
Appendix I - Bone coordinate systems 
The M-L and A-P axes were defined by fitting an ellipse {Appendix IV) on the tibial 
plateau at the axial plane (x-y plane) using the digitised points on the rim (Figure 9.2). The M-L 
axis was taken as the major axis of the ellipse and the A-P axis as the minor axis of the ellipse. 
The X- and ^/-coordinates of the centre of the ellipse were taken as the x- and ^/-coordinates of 
the tibial coordinate system origin; therefore, the tibial long axis was required to pass through 
that point. The ^-coordinate of the tibial origin was defined as the z-coordinate of the tibial emi-
nence, namely the most superior point of the tibia. 
Anter ior 
Medial Lateral 
Posterior 
Figure 9.2: Axial view of the tibial plateau. 
Points have been digitised on the rim and an ellipse has been fitted to determine the M-L 
and A-P axes; these are along the major and minor ellipse axes, respectively. 
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1.3 THE LOCAL COORDINATE SYSTEM OF THE FEMUR 
The M-L axis of the femoral coordinate system was taken as the anatomical transepi-
condylar axis of the femur. For this purpose points were digitised at the rim of the most lateral 
and most medial surfaces of the lateral and medial condyles, respectively. The transepicondylar 
axis was defined as the line joining the centres of the best-fit circles (Appendix IV) of the 
femoral condyles. 
The lack of imaging and physical data of the whole leg in this thesis did not allow for 
the femoral long axis to be defined using points and cross sections throughout the bone's 
length. However, an attempt to fit ellipses at sequential cross-sections of the available part of 
the femur was carried out. The femoral long axis was defined as the line passing through the 
centre of these ellipses and was translated in the coronal plane to intercept with the mid point of 
the M-L axis. Then the A-P axis was calculated as being mutually perpendicular to both M-L 
and femoral long axes. Finally, in order for the coordinate system to be orthogonal, the M-L 
axis was crossed (cross product of vectors) with the calculated A-P axis to get a new femoral 
long axis. The origin of the femoral coordinate system was taken to be at the intercondylar 
notch (Figure 9.3). 
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Long axis 
A-P axis 
M-L axis 
Figure 9.3: View of the femur and its cartilage showing the three axes. 
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KINEMATICS 
11.1 THE JOINT COORDINATE SYSTEM (JCS) 
Let i, j, k be the unit vectors of the tibial Cartesian coordinate system and I, J, K be the 
unit vectors of the femoral Cartesian coordinate system. In order for the definitions of transla-
tions and rotations to be in accordance with clinical data (Wu and Cavanagh 1995), we can de-
fine a joint coordinate system (JCS) according to Grood and Suntay (1983). In this definition, 
the jc- and z-axes of the joint system are tethered to each bone and the j-axis is defined as being 
mutually perpendicular to the other two; this axis is referred to as the floating axis. For the 
knee, the x-axis is the mediolateral (M-L) axis of the femur and the z-axis is the long axis of the 
tibia. Let ei, 62, 63 be the unit base vectors for the JCS. Then the following relationships stand: 
e , = I 
63 = k (1) 
e^^e^xe, 
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A-P, V/V 
M-L, F/E 
Figure 9.4: The joint coordinate system (JCS). 
Flexion-extension (F/E) and medial-lateral translation (M-L) are defined about and along 
the M-L (femoral epicondylar) axis, respectively. Varus -valgus (V/V) angulation (abduc-
tion/adduction) and anterior-posterior (A-P) translation are defined about and along the 
floating axis, respectively. Axial translation (or joint distraction) and internal-external 
rotation (I/E) are defined about and along the tibial long axis, respectively. 
According to the JCS, the position of one bone relative to the other can be uniquely de-
fined using six degrees of freedom (DoFs); these are translations and rotations along and about 
the axes of the JCS (Table II. 1). 
DoF 
Descriptive symbol 
(angle or displacement) Relation to JCS 
1 Flexion-Extension a sina = - e^  K 
2 Adduction-Abduction P COS/9 = - I k 
3 Tibial rotation y siny = - ez i 
4 Medial-Lateral qi = H-C] 
5 Anterior-Posterior 92 q2 = Hez 
6 Joint distraction qs qs = - H e ] 
Table n . l : The six DoFs of the JCS. 
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In Table II. 1 H is the translation vector in the global coordinate system, which is in fact 
the position of the femoral origin with respect to the tibial coordinate system. If q is the JCS 
translations vector, then the following relationship stands: 
q = [V]U (2) 
where the matrix [V] is related to the JCS angles by the following relationship: 
- cos7s in / ? s i n / s i n c o s / ? 
[V]= s i n / cos / 0 
0 0 1 
(3) 
>u r^2 r.' 
I J K = '"21 2^2 '•23 
/3, ''33 _ 
11.2 DESCRIBING ORIENTATION 
Let i, j, k be the unit base vectors of the global coordinate system and I, J, K be the 
unit base vectors of a local coordinate system. A set of vectors can be used to define the orien-
tation of the local coordinate system with respect to the global. For convenience we can con-
struct a 3 X 3 matrix, the columns of which are the unit vectors of the local coordinate system. 
(4) 
For the purposes of this thesis two applications related to description of orientation are 
of interest: 
1. The orientation of a local coordinate system with respect to a global coordinate sys-
tem is known and the local coordinate system needs to be moved in order to coincide 
with the global coordinate system. 
2. A local coordinate system coincides with the global coordinate system and the lo-
cal coordinate system needs to be moved to a specific orientation with respect to the 
global coordinate system. 
In the first case the solution is to rotate the local coordinate system about the three 
global axes in the following succession: first rotate about the x-axis by an angle 6j, then about 
the jv-axis by an angle 62, and finally about the z-axis by an angle 63. This sequence of rotations 
is equivalent to a rotation matrix [RXYZ]-
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008(9; - s in (93 0 
siniS, 
0 
cos^ 
0 
cosi% 0 sin 6*2 
0 1 0 
sin 6*2 0 cos 5*2 
1 0 0 
0 COS0, - s i n 6', 
0 sin 6! cos 6* 
(5) 
In the second case the solution is to rotate the local coordinate system about the three 
global axes in the inverse to the first case succession. 
However, this requires calculation of the angles based on the unit vectors of the axes of 
the local coordinate system; this calculation is described in the following paragraph. 
11.3 RELATIVE POSITIONING OF THE BONES - THE INVERSE PROBLEM 
If the JCS six DoFs are given, then one can calculate the rotations and the translations 
needed in order to bring the two bones in the unique position defined by the JCS six DoFs. 
Hence, the inverse problem can be stated as; the given quantities are the JCS angles a, p and y 
and the translation vector q. The requested quantities are the angles 9i, 62 and O3 and the vector 
H. 
The first step is to find the unit vectors of the femoral coordinate system in the new po-
sition. These can be calculated from the JCS angles as follows: 
I, = I i = cos / s in /? 
I ; = 1 - j = sinysin/? 
I3 = I • k = cos yff 
J , = J i = - c o s a s i n y - c o s y s i n a c o s / 7 
J j = J j = cos a cos y - sin / sin o cos 
J j = J - k = sin/7sina 
K| = K i = s i n a s i n y - cos y cos o cos /? 
K; = K j = - cos X sin a - cos a cos sin X 
K3 = K • k = cos a sin/? 
(6) 
According to (4) the orientation [7?] of the femoral system with respect to the global system is 
now defined. Therefore, we can now use (4) and (5) to get the angles 0t, O2 and 63. The solution 
of this algebraic system results in the following angles: 
6^ =arcsin(-r3,) = arcsin(-c0s;5) 
9, = arcsin 
6^  = arcsin 
cos A 
= arcsm 
2 
\ 
cos (9. 
= arcsm 
^sin^sino^ 
cos 6*2 
sin 7 sin 
(7) 
2 / cos A 2 J 
The translation vector H can be calculated using (2), 
H = [F]"'q 
where the matrix [F]'' is related to the JCS angles by the following relationship 
(8) 
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[r]-' = 
cosy 
sin p 
sin;/ 
sinyff 
0 
- s m x 
c o s / 
0 
-cos/? 
——-cosy 
smp 
- cos / ? . 
-sm;r 
sinyff 
1 
(9) 
In summary, if the JCS six DoFs for a unique relative position are given (in the context 
of this thesis, these are the input kinematic data at each flexion angle), then one can use equa-
tions (7) and (8) and apply the following steps: 
1. Assign local coordinate systems to each bone (Appendix I). 
2. Define the orientation of each local system in respect to the global (the bone enti-
ties are at arbitrary orientation when they were MR imaged). 
3. Rotate and translate the local coordinate systems of the two bones to bring them 
coincident to the global coordinate system. Each local coordinate system should be 
rotated about the three global axes in the following succession: first rotate about the z-
axis by an angle 63, then about the 3^-axis by an angle 62, and finally about the x-axis 
by an angle 61 (§11.2). Then translate each local coordinate system by the coordinates 
of its origin in the global coordinate system. 
4. Rotate the femur with reference to the global system in the following succession: 
first rotate about the %-axis by an angle 61, then about the )/-axis by an angle 62, and 
finally about the z-axis by an angle 6'^ ; the angles 61, 62 and O3 can be calculated from 
the JCS six DoF kinematic data using (7). 
5. Translate the femur with reference to the global system according to vector H; vec-
tor H can be calculated from the JCS six DoF kinematic data using (8). 
Custom made software was coded in order to implement the above steps; these are pre-
sented in Appendix IV, and specifically in paragraphs IV.6 and IV.7. 
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ORIENTATION OF THE MENISCI 
The position of the menisci relative to the other structures was determined in the tibial 
coordinate system, which coincides with the global coordinate system. However, in order to 
apply the transversely isotropic material properties to the meniscal tissue, as well as to interpret 
stresses and strains in a way that reflects the microstucture of the tissue, a cylindrical coordi-
nate system had to be defined for each meniscus. 
111.1 THE CYLINDRICAL COORDINATE SYSTEM OF THE MENISCI 
A cylindrical coordinate system is defined by a radial, a circumferential and an axial 
direction (r, 6, z). The axial direction was determined as parallel to the global coordinate sys-
tem's axial direction. In order to determine the other two directions, circles were fitted 
(Appendix IV) to a cloud of points from each of the menisci. The coordinates of these points 
were the and y- coordinates of the nodes that comprised each meniscus (Figure 9.2). The ori-
Appendix III - Orientation of the menisci 
gin of each meniscus was defined as the centre of the respective fitted circle. The circumferen-
tial direction, 6 of each meniscus was defined along the circumference of the respective fitted 
circle. 
Medial Lateral 
Figure 9.5: Axial view of the cloud of nodes connecting the elements of which the menisci 
are comprised. 
A circle was fitted to each meniscus; the radius and the centre were determined. 
These defined the cylindrical coordinate system for each meniscus. 
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CODES DESCRIPTION 
This appendix describes the supplement software developed in the context of this thesis 
from the user's point of view. The algorithms developed were coded in Fortran90® and are de-
scribed with respect to the input and output files, the meaning of the variables they use and the 
underlying mathematics that govern them. The algorithms developed are the following: 
1. "Circle.for"-. It calculates the best-fit circle given data points on its circumference. 
2. ''Ellipse.for": It calculates the best-fit 2-D ellipse given data points on its circum-
ference. 
3. ''3D_Plane.for"\ It calculates the best-fit 3-D plane given data points that belong 
on the plane. 
4. ''30 StraightjLine.for"-. It calculates the best-fit 3-D straight line given data points 
that belong on the line. 
Appendix IV - Codes description 
5. ''CoordinatejFrames.for"'. It calculates the JCS six DoFs from bony landmarks on 
femur and tibia, 
6. "GSjtoJJlobal.for"-. It calculates the 3 rotations and 3 translations needed to move 
one bone relative to another in the global coordinate system when the JCS six DoFs 
are given. 
Since most of the programmes developed are solvers of curve-fitting problems, they 
make use of a minimisation algorithm; this is presented in the following paragraph. 
IV. 1 THE MINIMISATION ALGORITHM 
In a curve-fitting problem the goal is to minimise the differences between the data 
points and the model equation. One way to accomplish this is to use the least-squares method. 
This means to minimise a function, which is the sum of the squared differences at each data 
point; this function is the objective function. The minimisation algorithm that was implemented 
in all data-fitting algorithms in this thesis was the polytope method, often referred to in the lit-
erature as the "simplex" method (Nelder and Mead 1965). 
IV. 1.1 Flowcharts 
The flowchart for a general curve-fitting problem is the following: 
Start 
Read from input file the 
data points 
I 
Calculate initial values for the polytope 
(= initial value of the parameters) 
I 
Call subroutine "NMSRC" 
( Finish 
Figure 9.6: The flowchart for a general curve-fitting problem using the polytope method. 
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The subroutine "NMSRCH" minimises the objective function using the poiytope 
method; the function is implemented in the subroutine as a Fortran90® 'function'. The flow-
chart for the calculation of the objection function ''FUNK" is the following: 
Back to subroutine "NMSRCH" to 
change the values of the poiytope 
Check parameter values 
in range 
not m range 
Calculate the objective function, OF 
0F = 
f Finish 
Figure 9.7: The flowchart for the function FUNK, which calculates the objective function, 
OF. 
IV.2 ALGORITHM FOR CALCULATING A BEST-FIT CIRCLE 
The aim of this algorithm is to calculate a best-fit circle given points on the circumfer-
ence. 
IV.2.1 Mathematics of circles 
In order to uniquely define a circle in an x-y plane, the centre O (%o, %) and the radius, 
R are needed. 
( 1 ) 
IV.2.2 The algorithm 
In this algorithm the poiytope method (Nelder and Mead 1965) for function minimisa-
tion was implemented (§IV.l). The input is points on the circumference of the circle to be fitted 
and the requested outputs are the origin y^), and the radius, R of the circle. The objective 
function, OF used for minimisation is 
\ 2 
( 2 ) OF = ' ^ \ ( x j - X , ) + ( y j - y o ) - R j , fo r ; data points 
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In fitting a circle, due to the squared quantities involved in the governing equation, the 
algorithm might not converge if the initial guess for the unknown parameters is not carefully 
chosen. In the context of this thesis, the demands of the problems were such that the initial 
guess could easily be chosen to be veiy close to the actual; this ensured that the algorithm 
would converge with minimal computational cost. Therefore, implementation of a more com-
plex algorithm, independent of the initial guess, was not judged necessary. It should be noted 
that the algorithm is relatively robust against the selection of data on the circumference, i.e. it 
can calculate a circle even if data points are available from only one section of the circumfer-
ence. 
IV.2.3 The variables used 
The variables used are described from the user's perspective in the following table: 
Type 
Symbol (Dimension) Description 
NTot Integer Total number of data points 
t(i) Real (NTot) x-coordinate of data point 
Temp(i) Real (NTot) y-coordinate of data point 
rvfbar Real Objective function value 
iter Integer Number of iterations for minimisation of the objective 
function (iterations of function "FUNK") 
icniv Integer Number of parameters to be fitted 
rvxl(i) Real (icniv) jc-coordinate of the circle's origin (xg) 
^/-coordinate of the circle's origin ( y j 
radius of the fitted circle (K) 
IV.2.4 Input file "Circle.inp.txt" 
The input file has the following format: 
Line Content 
1 "Title" 
2 "Total number of data points used" 
3 NTot 
4 y" 
5...5+NTot t(i), Temp(i) 
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IV.2.5 The code 
program Circle_Fit 
c 
c This program fits a circle to given points, 
c using the Nelder-Mead simplex method for function minimisation 
c Inputs: N data points (x,y) stored in t(N) and Temp(N), respectively, 
c Output: The parameters (rvxl(3)) of the circle, 
c i.e. the origin (xO,yO) and the radius, R. 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character*8 (c) 
c 
external funk 
c 
parameter (n=10) 
dimension rvxl(n) 
dimension cname(n) 
common /coefio/alpha,beta,gama 
common /loadarray/t(2000),Temp(2000) 
common /NTotal/NTot 
c 
alpha=l.OdO 
beta=2.OdO 
gama=0.50d0 
c 
open (1,file='circle.inp.txt') 
read (1,*) 
read (1,*) 
read (1,*) NTot 
read (1,*) 
if (NTot.GE.2000) then 
write (*,*) 'Too many data points!!' 
write (*,*) 'Please, change source code or reduce points' 
go to 10 
endif 
do i=l,NTot 
read (1,*) t(i),Temp(i) 
enddo 
close (1) 
c 
icniv=3 
icmxit=5000 
rceps=l.Od-12 
rcmin=l.Od-12 
c 
c Starting values of the independent variables 
c 
do i=l,icniv 
rvxl(i)=ldl 
enddo 
tmax=t(1) 
tmin=t(1) 
Tempmax=Temp(1) 
Tempmin=Temp(1) 
do i=2,NTot 
if (t (i) .GT.tmax) then 
tmax=t(i) 
endif 
if (t(i).LT.tmin) then 
tmin=t(i) 
endif 
if (Temp(i).GT.Tempmax) then 
Tempmax=Temp(i) 
endif 
if (Temp(i).LT.Tempmin) then 
Terapmin=Temp(i) 
endif 
enddo 
rvxl(1)=(tmax+tmin)/2.OdO 
rvxl(2)=(Tempmax+Tempmin)/2.OdO 
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rvxl(3)=((tmax-tmin)/2.OdO+ 
1 (Tempmax+Tempmin)/2.OdO)/2.OdO 
call NMSRCH(icniv,icmxit,Ivconv,rceps,rcmin,rvxl,npo,funk, 
1 iviter,rvfbar) 
c 
c 
c Writing 
c 
rvxl(3)=dabs(rvxl(3)) 
c 
cname(1)='xO' 
cname(2) = 'yO ' 
cname(3)='Radius' 
write(*,*) 
do i=l,3 
write (*, 19) i, cname(i), rvxl(i) 
enddo 
write (*, *) 
write(*,*),rvfbar 
write(*,*),iviter 
write(*,*) 
19 format (2x,12,Ix,a8,2x,f9.4) 
10 pause 
end 
c 
c 
c FUNK 
c Circle equation; (x-xo)**2+(y-yo)**2=R**2, where xO,yO,R are x(i),i=l:3 
c 
real*8 function funk(x) 
implicit real*8 (a-b,d-h,o-z) 
dimension x(3) 
common /loadarray/t(2000),Temp(2000) 
common /NTotal/NTot 
c 
save iter 
data iter /O/ 
iter=iter+l 
c 
c Objective Function Calculation 
c 
sum=0.OdO 
do i=l,NTot 
xx=t (i) 
yy=Temp(i) 
fmodel=(xx-x(1))**2+(yy-x(2))**2-x(3)**2 
c 
sum=sum+fmodel* * 2 
enddo 
c 
c Write iteration and OF on screen every 100 iterations 
c 
50 if (mod(iter,100).EQ.0) then 
write (*,59) iter,sum 
endif 
59 format (2x,110,2x,dl6.9) 
c 
funk=sum 
return 
end 
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IV .3 ALGORITHM FOR CALCULATING A BEST-FIT ELLIPSE 
The aim of this algorithm is to calculate a best-fit ellipse given points on the circumfer-
ence. 
IV.3.1 Mathematics of 2-D ellipses 
In order to uniquely define an ellipse in an x-y plane, the centre O (xq, yo), the dimen-
sions of major, a and minor, b axes and the orientation, 9 are needed (Figure 9.8). 
( 3 ) 
where i^-rj is a coordinate system with origin O (xq, %) rotated by an angle 6 about the x-y sys-
tem. Thus 
Ki 
[v\ 
COS0 sin 6* 
-sin^* cos9 
;7 = -(A;-.%Jsini9(_y-}'Jcosi9 
( 4 ) 
( 5 ) 
Figure 9.8: An ellipse in an x-y plane at an orientation 0 with major and minor axes a and 
b, respectively and centre O (Xo, jo)-
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IV.3.2 The algorithm 
In this algorithm the polytope method (Nelder and Mead 1965) for function minimisa-
tion was implemented (§IV.l). The input is points on the circumference of the ellipse to be fit-
ted and the requested outputs are the origin (xo, %), the major, a and minor, b axes and the ori-
entation, 9 of the ellipse. The objective function, OF used for minimisation is 
V 
for j data points ( 6 ) 
J 
In fitting an ellipse, due to the squared quantities involved in the governing equation, 
the algorithm might not converge if the initial guess for the unknown parameters is not care-
fully chosen. In the context of this thesis, the demands of the problems were such that the initial 
guess could easily be chosen to be very close to the actual; this ensured that the algorithm 
would converge with minimal computational cost. Therefore, implementation of a more com-
plex algorithm, independent to the initial guess, was not judged necessary. It should be noted 
that the algorithm is relatively robust against the selection of data on the circumference, i.e. it 
can calculate an ellipse even if data are available from only one section of the circumference. 
IV.3.3 The variables used 
The variables used are described from the user's perspective in the following table: 
Symbol 
Type 
(Dimension) Description 
NTot Integer Total number of data points 
t(i) Real (NTot) x-coordinate of data point 
Temp(i) Real (NTot) y-coordinate of data point 
rvfbar Real Objective function value 
iter Integer Number of iterations for minimisation of the objective 
function (iterations of function "FUNK") 
icniv Integer Number of parameters to be fitted 
rvxl(i) Real (icniv) x-coordinate of the circle's origin (xo) 
y-coordinate of the circle's origin (y^) 
major axis of the ellipse (a) 
minor axis of the ellipse (b) 
orientation of the ellipse {6) 
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IV.3.4 Input file "Ellipse.lnp.txt" 
The input file has the following format: 
Line Content 
1 "Title" 
2 "Total number of data points used and initial guess of the orientation of 
the ellipse" 
3 NTot orient 
4 
5. • • 5+NTot t(i), Temp(i) 
IV.3.5 The code 
program Ellipse_Fit 
c 
c This program fits an ellipse to given points, 
c using the Nelder-Mead simplex method for function minimisation 
c Inputs: N data points (x,y) stored in t(N) and Temp(N), respectively, 
c Output; The parameters (rvxl{4)) of the ellipse, 
c i.e. the origin (xO,yO), major, a and minor, b axes. 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character*15 (c) 
C 
external funk 
C 
parameter (n=10) 
dimension cname(n) 
common /coefio/alpha,beta,gama 
common /loadarray/t(2000),Temp(2000) 
common /NTotal/NTot 
common /orientation/orient 
common /xinitialguess/rvxl(n) 
C 
alpha=l.OdO 
beta=2.OdO 
gama=0.50d0 
pi=acos(-IdO) 
C 
open (1,file='ellipse.inp.txt') 
read (1,*) 
read (1,*) 
read (1,*) NTot, orient 
read (1,*) 
if (NTot.GE.2000) then 
write (*,*) 'Too many data points!!' 
write (*,*) 'Please, change source code or reduce points' 
go to 10 
endif 
do i=l,NTot 
read (1,*) t(i),Temp(i) 
enddo 
close (1) 
C 
icniv=5 
icmxit=5000 
rceps=l.Od-10 
rcmin=l.Od-10 
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c 
C starting values of the independent variables 
C 
do i=l,icniv 
rvxl(i)=ldl 
enddo 
c 
tmax=t(1) 
tmin=t(1) 
Tempmax=Temp(1) 
Tempmin=Temp(1) 
do i=2,NTot 
if (t(i).GT.tmax) then 
tmax=t(i) 
endif 
if (t (i) .LT.tmin) then 
tmin=t(i) 
endif 
if {Temp(i).GT.Tempmax) then 
Tempmax=Temp(i) 
endif 
if (Temp(i).LT.Tempmin) then 
Tempmin=Temp(i) 
endif 
enddo 
rvxl(1)=(tmax+tmin)/2.OdO 
rvxl(2)=(Tempmax+Teraprain)/2.OdO 
rvxl(3)=(tmax-tmin)/2.OdO 
rvxl(4)=(Tempmax-Tempmin)/2.OdO 
rvxl(5)=orient*pi/180d0 
c 
call NMSRCH(icniv,icmxit,Ivconv,rceps,rcmin,rvxl,npo,funk, 
1 iviter,rvfbar) 
C 
C Writing 
C 
c 
rvxl(3)=dabs(rvxl(3)) 
rvxl(4)=dabs(rvxl(4)) 
rvxl(5)=rvxl(5)*180d0/pi 
c 
cname(1)='xO' 
cname(2)='yO' 
cname(3)='maj.axis, a' 
cname(4)='min.axis, b' 
cname (5) = 'theta [deg] ' 
write (*,*) 
do i=l,icniv 
write(*,19) i, cname(i), rvxl(i) 
enddo 
write(*,*) 
write(*,*),rvfbar 
write(*,*),iviter 
write(*,*) 
19 format (2x,12,Ix,a20,2x,f9.4) 
10 pause 
end 
c 
c FUNK 
c Ellipse equation; (x-xo)**2/a**2+(y-yo)**2/b**2=l @ orientation theta 
c where xO,yO,a,b,theta are x(i),i=l:S 
real*8 function funk(x) 
implicit real*8 (a-b,d-h,o-z) 
dimension x(5) 
common /loadarray/t(2000),Temp(2000) 
common /NTotal/NTot 
common /orientation/orient 
common /xinitialguess/rvxl(5) 
save iter 
data iter /O/ 
iter=iter+l 
pi=acos(-IdO) 
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c 
c objective Function Calculation 
c 
sum=0.OdO 
do i=l,NTot 
xx= (t (i) -x(l) ) 
yy=(Temp(i) -x(2) ) 
xx=cos(x(5))*xx+sin(x(5))*yy 
yy=cos(x(5))*yy-sin(x(5))*xx 
c 
fmodel=xx**2/x(3)**2+yy**2/x(4)**2-l 
c 
sum=suni+fmodel**2 
enddo 
c 
c Write iteration and OF on screen every 100 iterations 
c 
50 if (mod(iter,100).EQ.0) then 
write (*,59) iter,sum 
endif 
59 format (2x,110,2x,dl6.9) 
c 
funk=sum 
return 
end 
I V . 4 ALGORITHM FOR CALCULATING A BEST-FIT 3 - D PLANE AND ITS 
NORMAL UNIT VECTOR 
The aim of this algorithm is to calculate a best-fit 3-D plane given points on the plane. 
In addition, it calculates the normal unit vector to the best-fit plane. 
IV.4.1 Mathematics of 3-D planes 
In order to uniquely define a plane in an x-y-2 orthogonal coordinate system, four pa-
rameters are required, namely the^, ' s in the following equation: 
AjX + -h AjZ + = 0 ( 7 ) 
If the parameters A, are known, then a set of direction numbers of a vector normal to 
this plane is ^ i , ^2 and A3. Therefore, a vector normal to the plane is: 
n = 4 ( 8 ) 
Then, the unit vector of the normal to the plane is calculated as: 
n = I ° ( 9 ) 
IV.4.2 The algorithm 
In this algorithm the polytope method (Nelder and Mead 1965) for function minimisa-
tion was implemented (§IV.l). The input is points (x, y, z) on the plane to be fitted and the 
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outputs are the parameters Ai and the unit normal vector, n. The objective function, OF used 
for minimisation is 
OF = ^ (4^; + A^yj + + a ) ' for j data points ( 1 0 ) 
IV.4.3 The variables used 
The variables used are described from the user's perspective in the following table:. 
Type 
Symbol (Dimension) Description 
NTot Integer Total number of data points 
z( i j ) Real (NTot,3) y, z-coordinates of data point 
e normal Real (3) Unit vector normal to the plane 
rvfbar Real Objective function value 
iter Integer Number of iterations for minimisation of the objective 
function (iterations of function "FUNK") 
icniv Integer Number of parameters to be fitted 
rvxl(i) Real (icniv) The parameters yl, of the plane equation 
IV.4.4 Input file "Plane.inp.txt" 
The input file has the following format: 
Line Content 
1 "Title" 
2 "Total number of data points used" 
3 NTot 
4 "x y z" 
5...5+NTot z(l,i), z(2,i), z(3,i). 
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IV.4.5 The code 
program Plane_Fit 
c 
c This program fits a 3D plane to given points, 
c using the Nelder-Mead simplex method for function minimisation 
c Inputs: N data points (x,y,z) stored in the matrix z{N,3) 
c Output; The parameters of the plane equation (rvxl(4), 
c Plane equation: Ax+By+Cz+D=0 
c Output: The unit vector normal to the plane, e_normal(3) 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character*8 (c) 
C 
external funk 
C 
parameter (n=10) 
dimension cname(n) 
dimension rvxl(n) 
dimension enormal(3) 
common /coefio/alpha,beta,gama 
common /loadarray/z(5000 , 3) 
common /NTotal/NNNTime 
C 
alpha=1.OdO 
beta=2.OdO 
gama=0.50d0 
C 
open (1,file='Plane.inp.txt') 
read (1,*) 
read (1,*) 
read (1,*) NNNTime 
read (1,*) 
if (NNNTime.GE.5 000) then 
write (*,*) 'Too many data points!! (>5000)' 
write (*,*) 'Please, change source code or reduce points' 
go to 10 
else if (NNNTime.LT,3) then 
write (*,*) 'Too few data points!! They have to be at least 3!' 
go to 10 
endif 
do i=l,NNNTime 
read (1,*) z(i,l),z(i,2),z(i,3) 
enddo 
close (1) 
C 
icniv=4 
icmxit=5000 
rceps=l.Od-10 
rcmin=l.Od-10 
C 
C Starting values of the independent variables 
C 
do i=l,icniv 
rvxl(i)=1.OdO 
enddo 
call NMSRCH(icniv,icmxit,Ivconv,rceps,rcmin,rvxl,npo,funk, 
1 iviter,rvfbar) 
c 
do i=l,icniv 
if (rvxl(3) .GT.OdO) then 1 so that always +z 
rvxl(i)=rvxl(i)/rvxl(4)*ldl !so that always Ax+By+Cz=+/-10 
else 
rvxl(i)=-rvxl(i)/rvxl(4)*ldl 
endif 
enddo 
C 
c Normal to the plane 
c 
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do 1=1,3 
e_nortn=sqrt (rvxl (1) **2+rvxl (2) **2+rvxl (3) **2) 
e_normal{i)=rvxl(1)/e_norm 
enddo 
c 
c WRIT ING 
c 
cname(1)='A1' 
cname{2)='A2' 
cname(3) = ' A3 ' 
cname(4) = ' A4 ' 
write(*,*) 
do i=l,icniv 
write!*,129) i,cname(i),rvxl(i) 
enddo 
129 format (2x,12,Ix,a4,2x,f9.4) 
write(*,*) 
write(*,*) rvfbar 
write(*,*) iviter 
write(*,*) 
write(*,*) 'unit vector of the normal to the plane' 
do i=l,3 
write(*,*) e_normal(i) 
enddo 
c 
10 pause 
end 
c 
c 
c FUNK 
c Plane equation; Ax+By+Cz+D=0 where A,B,C,D are x(i),i=l;4 
c 
real*8 function funk(x) 
implicit real*8 (a-b,d-h,o-z) 
dimension x(4) 
common /loadarray/z(5000 , 3) 
common /NTotal/NNNTime 
c 
save iter 
data iter /0/ 
iter=iter+l 
c 
sum=0.OdO 
do i=l,NNMTime 
fmodel=z (i,l)*x(l)/x(4) 
1 +z (i, 2) *x (2) /x (4) 
1 +z (i, 3) *x(3)/x (4) 
1 +x(4)/x(4) 
sum=sum+fmodel* * 2 
enddo 
c 
c Write iteration and OF on screen every 100 iterations 
c 
50 if (moddter, 100) .EQ. 0) then 
write (*,5 9) iter,sum 
endif 
59 format (2x,110,2x,dl6.9) 
c 
funk=sum 
return 
end 
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IV .5 ALGORITHM FOR CALCULATING A BEST-FIT 3 - D STRAIGHT LINE 
The aim of this algorithm is to calculate a best-fit 3-D straight line given points on the 
line. 
IV.5.1 Mathematics of 3-D straight lines 
In order to uniquely define a straight line in an x-y-z orthogonal coordinate system, four 
parameters are required, namely the^, ' s in the following equations: 
z-A^x + A^ 
If the parameters Aj are known, then a set of direction numbers (/, m, n) of a vector 
along the straight line is 
Then, the unit vector of the straight line is calculated as: 
» = , . ( 1 3 ) 
^ +m'^ +n^ 
IV.5.2 The algorithm 
In this algorithm the polytope method (Nelder and Mead 1965) for fianction minimisa-
tion was implemented (§IV.l). The input is points P, (x, y, z) along the line to be fitted and the 
outputs are the parameters J , and the unit vector, n. The objective function, OF used for mini-
misation is 
OF = Y, - A^j - A f + {^J for ) data points ( 1 4 ) 
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IV.5.3 The variables used 
The variables used are described from the user's perspective in the following table: 
Type 
Symbol (Dimension) Description 
NTot Integer Total number of data points 
zOJ) Real (NTot,3) X, y, z-coordinates of data point 
e(i) Real (3) Unit vector of the line 
rvfbar Real Objective function value 
iter Integer Number of iterations for minimisation of the objective 
function (iterations of function "FUNK") 
icniv Integer Number of parameters to be fitted 
rvxl(i) Real (icniv) The parameters of the 3D line equation 
IV.5.4 Input file "Line.inp.txt 
The input file has the following format: 
Line Content 
1 "Title" 
2 "Total number of data points used" 
3 NTot 
4 "x y z" 
5...5+NTot z(l,i), z(2,i), z(3,i), 
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IV.5.5 The code 
program Line_fit 
c 
c This program fits a 3D straight line to given points, 
c using the Nelder-Mead simplex method for function minimisation 
c Inputs; N data points (x,y,z) stored in the matrix z(N,3) 
c Output: The parameters (rvxl(4)) of the line equation, 
c where line equation: y=Ax+B, z=Cx+D 
c Output: The unit vector of the line, e{3) 
c and two points on the line PI(3) and P2(3) 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer {i-k,m-n) 
implicit logical (1) 
implicit character*8 (c) 
C 
external funk 
C 
parameter (n=10) 
dimension rvxl(n) 
dimension cname(n) 
dimension e(3),dnos(3) 
dimension P1(3),P2(3) 
common /coefio/alpha,beta,gama 
common /loadarray/z(2000,3) 
common /NTotal/HNNTime 
C 
alpha=l.OdO 
beta=2.OdO 
gama=0.50d0 
C 
open (1,file='Line.inp.txt') 
read (1,*) 
read (1,*) 
read (1,*) NNNTime 
read (1,*) 
if (KrNNTime.GE.2 000) then 
write (*,*) 'Too many data points!! (>2000)' 
write {*,*) 'Please, change source code or reduce points' 
go to 10 
else if (NNNTime.LT.3) then 
write (*,*) 'Too few data points I! They have to be at least 2!' 
go to 10 
endif 
do i=l,NNNTime 
read (1,*) z(i,l),z(i,2),z{i,3) 
enddo 
close (1) 
C 
icniv=4 
icmxit=5000 
rceps=l.Od-10 
rcmin=l.Od-10 
C 
C Starting values of the independent variables 
C 
c 
do i=l,icniv 
rvxl(i)=1.OdO 
enddo 
call NMSRCH(icniv,icmxit,Ivconv,rceps,rcmin,rvxl,npo,funk, 
1 iviter,rvfbar) 
c 
C 
c Direction numbers, dnos(3) 
dnos(1)=rvxl(2)/rvxl(1)-rvxl(4)/rvxl(3) 
dnos(2)=rvxl(2)-rvxl(1)*rvxl(4)/rvxl(3) 
dnos(3)=rvxl(2)*rvxl(3)/rvxl(l)-rvxl(4) 
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c Unit vector, e(3) 
c 
dd=dsqrt(dnos(1)**2+dnos(2)**2+dnos(3)**2) 
do i=l,3 
e(i)=dnos(i)/dd 
enddo 
C 
c Two points on the line, Pl(3), P2(3) 
c They are calculated to be about the xmax and xmin 
c 
xmax=z(1,1) 
xinin=z (1,1) 
do i=2,NNNTime 
if (z(i,1).GT.xmax) then 
xmax=z(i,1) 
endif 
if (z(i,1).LT.xmin) then 
xmin=z(i,1) 
endif 
enddo 
PI(1)=xmax 
PI(2) =rvxl(1)*P1(1)+rvxl(2) 
Pl(3)=rvxl(3)*Pl(l)+rvxl(4) 
P2(1)=xmin 
P2 (2) =rvxl (1) *P2 (1) +rvxl (2) 
P2 (3) =rvxl (3) *P2 (1) +rvxl (4) 
c 
c WRITING 
c 
cname(1)='A1' 
cname(2)='A2' 
cname(3)='A3' 
cname{4)='A4' 
write(*,*) 
do i=l,icniv 
write(*,12 9) i,cname(i),rvxl(i) 
enddo 
2x,12,2x,a4,2x,die.9) 
*) 
*) rvfbar 
*) iviter 
*) 
*) 'unit vector and two points on the line' 
*) 'unit vector PI P2' 
129 format 
write(* 
write(* 
write{* 
write{* 
write(* 
write(* 
do i=l,3 
write(*,229) e(i), Pl(i), P2 (i) 
enddo 
229 format (3 (2x, f 9 . 4) ) 
10 pause 
end 
c 
c 
c FUNK 
c Line equation; y=Ax+B z=Cx+D where A,B,C,D is x{i),i=l:4 
c 
real*8 function funk(x) 
implicit real*8 (a-b,d-h,o-z) 
dimension x(4) 
common /loadarray/z(2000,3) 
common /NTotal/NNNTime 
c 
save iter 
data iter /O/ 
iter=iter+l 
c Objective Function 
c 
sum=0.OdO 
do i=l,NNNTime 
flmodel = z (i,2)-x(l)*z(i,l)-x(2) 
f2model = z (i , 3) -x (3) *z (i, 1) -x (4) 
sum=sum+flmodel**2+f2model**2 
enddo 
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c 
c Write iteration and OF on screen every 100 iterations 
c 
50 if {mod(iter,100).EQ.0) then 
write (*,59) iter,sum 
endif 
59 format (2x,110,2x,dl6.9) 
c 
funk=sum 
return 
end 
I V . 6 ALGORITHM FOR CALCULATING THE J C S six DoFs FROM BONY 
LANDMARKS 
This code implements the theory described in Appendix II in order to calculate the JCS 
six DoFs using data of bony landmarks. The inputs are 
• 2 points along the femoral epicondylar axis, 
• 2 points along the femoral long axis, 
• 2 points along the tibial M-L axis, 
• 2 points along the tibial long axis, 
• the origin of the femoral coordinate system. 
The outputs are 
• the JCS six DoF data, 
• the unit vector of the floating axis 
• and its intersection with femoral epicondylar and tibial long axes. 
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IV.6.1 The variables used 
The variables used are described from the user's perspective in the following table: 
Symbol 
Type 
(Dimension) Description 
epicl(i) Real (3) Coordinates of medial point on the femoral epicondylar 
epic2(i) Real (3) Coordinates of lateral point on the femoral epicondylar axis 
fem_zl(i) Real (3) Coordinates of distal point on the femoral long axis 
fem_z2 (i) Real (3) Coordinates of proximal point on the femoral long axis 
tib_yl(i) Real (3) Coordinates of medial point on the tibial M-L axis 
tib_j/2 (i) Real (3) Coordinates of lateral point on the tibial M-L axis 
tibl(i) Real (3) Coordinates of distal point on the tibial long axis 
tib2(i) Real (3) Coordinates of proximal point on the tibial long axis 
fem zero (i) Real (3) Coordinates of femoral coordinate system origin 
dfl(i) Real (3) Unit vector of femoral x-axis 
dfr(i) Real (3) Unit vector of femoral >'-axis 
dftC(i) Real (3) Unit vector of femoral z-axis 
dul(i) Real (3) Unit vector of tibial/global x-axis 
duJ(i) Real (3) Unit vector of tibial/global );-axis 
duK:(0 Real (3) Unit vector of tibial/global z-axis 
d float(i) Real (3) Unit vector of JCS floating axis 
H(i) Real (3) 3 translations in respect to the global coord, system 
q(i) Real (3) JCS 3 translations 
alpha Real JCS alpha angle (flexion) [rad] 
beta Real JCS beta angle (abduction) [rad] 
gamma Real JCS gamma angle (rotation) [rad] 
Flexion Real JCS flexion [deg] 
Abduction Real JCS abduction [deg] 
Rotation Real JCS rotation [deg] 
ef(i) Real (3) Intersection between femoral epicondylar and floating axes 
tf(i) Real (3) Intersection between tibial long and floating axes 
IV.6.2 Input file "lnput.txt" 
The input file has the following format: 
Line 
1 
2 
3.. .5 
Content 
"Title" 
"Coord RotDoFs TransDoFs'' 
coord(i), R(i), q(i) 
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IV.6.3 The code 
program Coordinate_Frames 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c Given points on femur and tibia the program calculates the 
c JCS 6 DoF kinematic data for that position. 
c ******************************************************************* 
c Input: Two points on the femoral epicondylar, epicl(3), epic2(3) 
c Two points on the femoral long, fem_zl(3), fem_z2(3) 
c Two points on the tibial long, tibl(3), tib2(3) 
c Two points on the tibial M/L-axis, tib_yl(3), tib_y2(3) 
c The origin of the femoral coord, system, fem_zero{3) 
c Output: The JCS S DoF data; 
c Flexion, Abduction, Rotation, 
c xLateral, xAnterior, xDistraction 
^ * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character*10 (c) 
C 
parameter (n=3) 
dimension epicl(n),epic2(n),tibl(n),tib2(n),dcsa(n),dcsb(n), 
1 tib_yl(n),tib_y2(n),fem_zl(n),fem_z2(n),fem_zero(n), 
1 dcs_tib_ref(n),dcs_fem_long(n),dcs_fem_ref(n),H(n), 
1 df I (n) , df J (n) , dfK (n) 
dimension thl(n),th2(n),th3(n),th4(n),zeros(n) 
dimension ef(n),tf(n),dcs_float(n) 
dimension dul(n),duj(n),duK(n) 
dimension cc(n),c_angles(n),c_trans(n) 
dimension q(n),V(n,n) 
C 
open (1,file='input.txt') 
read (1,*) 
read (1,*) 
do i=l,3 
read (1,*) c,epicl(i),epic2(i),tibl(i),tib2(i), 
1 tib_yl(i),tib_y2(i),fem_zero(i),femzl(i),fem_z2(i) 
c fem_2ero(i)=fem_zl(i) 
zeros(i)=0.OdO 
enddo 
close (1) 
c fem_zl(1)=(epicl(1)+epio2(1))/2.OdO !x-coord, that of mid-line epicondylar 
c fem_zl(2)=fem_z2(2) !y-coord, that of prox.femur.ellipse 
c fem_zl(3)=(epicl(3)+epic2(3))/2.OdO !z-coord, that of mid-line epicondylar 
c 
c 
c Calculation of the local femoral coordinate system 
c 
c 
call Direction_cosines(epicl,epic2,dfI,thl) 
ddfl=dfl(1)**2+dfI(2)**2+dfI(3)**2 !should be =1 (norm of unit vector) 
call Direction_cosines(tibl,tib2,dcsb,th2) 
call Direction_cosines(tib_yl,tib_y2,dcs_tib_ref,th3) 
call Direction_cosines(fem_zl,fem_z2,dfK,th4) 
ddfK=dfK(1)**2+dfK(2)**2+dfK(3 ) **2 !should be =1 (norm of unit vector) 
call cross-product(dfK,dfI,dfJ) !A-P axis from long and M-L 
call Direction cosines(zeros,dfJ,dfJ,thl) 'divide by iteself to get it a unit 
vector 
call cross_product(dfI,dfJ,dfK) !New fem_long 
ddfJ=dfJ(l)**2+dfJ(2)**2+dfJ(3)**2 !should be =1 (norm of unit vector) 
ddfK=dfK(l)**2+dfK(2)**2+dfK(3) **2 !should be =1 (norm of unit vector) 
c checking... 
c call crosS—product(dfJ,dfK,dcsa) 
c call cross_product(dcsa,dfJ,dcs_fem_long) 
c 
c 
c Calculation of the JCS 
do i = 1,3 
dcsa(i)=dfl(i) 
dcs_fem_ref(i)=dfJ(i) 
dcs_fem_long(i)=dfK(i) 
enddo 
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call axis_poxnts{dcsa,dcsb,epicl,tibl,dcs_float,ef,tf,d) 
call Direction_cosines(zeros,dcs_float,dcs_float,thl) 
c 
pi=dacos(-1.OdO) 
dul(1)=ldO 
duJ(2)=ldO 
duK(3) =ldO 
c 
c JCS Rotations - right knee 
c 
c a=dot_product(dcs_fem_ref,dcs_float) 
c b=dot_jproduct (dcsa, dcsb) 
c g=dot_product(dcs_tib_ref,dcs_float) 
c alpha=dacos(a) 
c beta=dacos(b) 
c gamma=dacos(g) 
c 
c 
a=dot_product(dcs_float,dcs_fem_long) 
b=dot_product{dcsa,dcsb) 
g=dot_product(dcs_float,dul) 
alpha=dasin(-a) 
beta=dacos(b) 
beta={pi/2.OdO-beta) 
gamma=dasin{-g) 
c 
flexion=180.OdO/pi*alpha 
abduction=180.OdO/pi*beta 
rotation=180.OdO/pi*gamma 
c 
c JCS Translations (q vector) 
c 
do i=l,3 
H{i)=fem_zero{i)-tib_yl(i) 
enddo 
c 
xLateral=dot jiroduct(H,dcsa) 
xAnterior=dot_product{H,dcs_float) 
xDistraction=dot_product(H,dcsb) 
ql=dcos(gamma)*dsin(beta)*H(1)+dsin(gamma)*dsin(beta)*H(2) 
1 +dcos (beta) *H (3 ) 
q2=-dsin(gamma)*H(1)+dcos(gamma)*H(2) 
q3=H{3) 
gql=H(1)*dot_product(dcsa,dul)+H(2)*dot_product(dcsa,duJ) 
1 +H(3)*dot_product(dcsa,duK) 
qq2=H(1)*dot_product(dcs_float,dul)+H(2)*dot_product{dcs_float,duJ) 
1 +H(3)*dot_product{dcs_float,duK) 
qq3=H(1)*dot_product(dcsb,dul)+H(2)*dot_product(dcsb,duJ) 
1 +H(3)*dot_product(dcsb,duK) 
c check 
a=alpha 
b=beta 
g=gamma 
V (1,1) =dcos (g) *dsin (b) 
V(l, 2) =dsin{g) *dsin(b) 
V(l, 3) =dcos (b) 
V (2 , 1) =-dsin(g) 
V(2, 2) =dcos (g) 
V(3,3)=1.0d0 
q=MATMUL(V,H) 
c 
c Writing 
c c ( 1 ) = ' X ' 
cc(2)='y' 
cc (3) = ' z ' 
c_angles(1)='Flexion' 
c_angles(2)='Abduction' 
c_angles(3)='Rotation' 
c_trans(1)='Laterally' 
c_trans(2)='Anteriorly' 
c_trans{3)='Proximally' 
open (2,file='output.txt') 
write(2,*) 
write (2,*) ' Unit vector of floating axis and points o f 
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c 
09 
19 
29 
59 
69 
599 
699 
799 
899 
999 
C 
c 
write{2,*) 'intersection with epicondylar and tibial long' 
write(2,*) ' 
write(2, 
do i=l,; 
1,133) 
, 3 
write (2,899) cc(i), dcs_float (i) , ef (i) , tf (i) 
enddo 
write(2 
write(2 
write(2 
write(2 
write(2 
write(2 
write(2 
write(2 
write (2 
write(2 
write(2 
write(2 
write(2 
write (2 
write(2 
close ( 
format 
format 
format 
format 
format 
format 
format 
format 
1 
format 
format 
,*) 
,999) 
, * ) 
, * ) '• 
'Joint coordinate frame six dofs: 
09) 
59) 
69) 
*) 
19) 
599) 
699) 
29) 
c_angles(1),c_angles {2),c_angles(3) 
Flexion,Abduction,Rotation 
c_trans{l),c_trans (2),c_trans(3) 
xLateral,xAnterior,xDistraction 
(2x,'Tibial rotations;') 
(2x,'The femoral coordinate frame is located' 
(2x,'to the tibial coordinate frame.') 
(5x,3(alO,3x)) 
(2x,3(3x,f9.4)) 
(5x,3(alO,3x)) 
{2x, 3 (3x, f9.4) ) 
(2x,'coord',2x,'dcos of float_axis', 
2x,'epic-float',2x,'tib-float') 
(2x,a5,3 (2x, fl3 .6) ) 
(2x,'distance ef-tf;',2x,f9.3) 
pause 
end 
SUBROUTINE axis_points(dcsa,dcsb,a,b,dcsp,pa,pb,d) 
************************************************** 
Given the direction cosines (dcsa,dcsb) and 
two points (a,b) of two lines it calculates 
the direction cosines dcsp(x,y,z) of their 
mutually perpendicular line and the intersections 
(pa,pb) of each line with the mutual 
perpendicular line 
************************************************** 
a; Epicondylar 
Tibial long 
Floating 
* * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character (c) 
parameter (n=3) 
dimension a (n) , b (n) , pa (n) , pb (n) , dcsa (n) , dcsb (n) , dcsp (n) 
dimension dna(n) ,dnb(n) ,dnp(n) ,ab(n) 
dimension zeros(n),th(n) 
pi=dacos(-1.OdO) 
call cross_product(dcsb,dcsa, dcsp) 
call direction_cosines(zeros,dcsp,dcsp,th) !divide by itself to get it a unit 
vector 
c 
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c Calculation of direction numbers 
c 
t=3.OdO 
do i=l,3 
dna(i)=t*dcsa(i) 
dnb (i) =t*dcsb (i) 
dnp(i)=t*dcsp(i) 
enddo 
c 
c If b axis has dcsb = 0,0,1 
c 
c 
if (((dnb(2).LE.ld-10).OR.{dnb(2).GE.-ld-lO)).AND. 
1 ( (dnb(l) .LE.ld-10) .OR. (dnbd) .GE.-ldlO) ) ) then 
c 
alm=dna(1)/dna(2) 
anm=dna(3)/dna(2) 
plm=dnp(1)/dnp{2) 
pnm=dnp{3)/dnp(2) 
c 
bl=plm-alm 
gl=a(l) -a{2) *alm 
c 
c Axes a and p intersection 
c 
pa(2)=gl/bl 
pa(1)=pa(2)*plm 
pa (3) =a (3 ) + (pa (2) - a (2) ) *anm 
c 
c Axes b and p intersection 
c 
pb (1) =0 . OdO 
pb(2)=0.OdO 
pb (3 ) =pa (3 ) -pb (2) *pnm 
c 
c If all axes have no non-zero direction cosines 
c 
else 
plm=dnp(1)/dnp(2) 
pnra=dnp(3)/dnp(2) 
alm=dna(1)/dna{2) 
anm=dna(3)/dna(2) 
blm=dnb (1) /dnb (2) 
bnm=dnb{3)/dnb(2) 
c 
al=plm-blm 
a2=pnm-bnm 
bl=alm-plm 
b2=anm-pnm 
gl=b(1)-a(1)+a(2)*alm-b(2)*blm 
g2=b(3)-a(3)+a(2)*anm-b(2)*bnm 
c 
c Axes a and p intersection 
c 
pa(2)=(g2*al-gl*a2)/(b2*al-bl*a2) 
pa (1) =a (1) + (pa (2) -a (2) ) *alm 
pa(3)=a(3) + (pa(2) -a(2) ) *anm 
c 
c Axes b and p intersection 
pb(2)=gl/al-bl/al*pa(2) 
pb (1) =b (1) + (pb (2) -b (2) ) *blm 
pb (3) =b (3 ) + (pb (2) -b (2) ) *bnra 
endif 
c 
c Distance calculation 
do 1=1,3 
ab (i)=pb(i)-pa(i) 
enddo 
c 
d=dsqrt(ab(1)**2+ab(2)**2+ab(3) **2) 'Distance 
c 
return 
end 
229 
Appendix IV - Codes description 
SUBROUTINE cross_product(a,b,p) 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c Given the direction cosines of two lines 
c a(x,y,z) and b(x,y,z) it calculates 
c and direction cosines p(x,y,z) of their 
c mutually perpendicular line 
f2 * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character (c) 
C 
parameter (n=3) 
dimension a(n),b(n),p(n) 
C 
c Direction cosines of the mutually perpendicular 
c 
p(l) =a(2) *b{3) -b(2) *a(3) 
p(2) =- (a(l) *b{3) -b(l) *a (3) ) 
p(3) =a(l) *b(2) -a(2) *b(l) 
return 
end 
SUBROUTINE Direction_cosines(a,b,dcs,th) 
^ ******************************************** 
c Given two points a(x,y,z) and b(x,y,z) it 
c calculates the direction cosines dcs(x,y,z) 
c and the direction angles th{x,y,z) for the 
c line that goes through them. 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character (c) 
C 
parameter (n=3) 
dimension a (n) , b (n) , ab (n) , dcs (n) , th (n) 
pi=dacos(-1.OdO) 
do i=l,3 
ab(i)=b(i)-a(i) 
enddo 
dist_ab=dsqrt(ab(1)**2+ab(2)**2+ab(3)**2) !Distance 
do i=l,3 
dcs (i)=ab(i)/dist_ab 'Direction cosines 
th (i)=180.OdO/pi*dacos(dcs(i) ) 'Direction angles 
enddo 
return 
end 
SUBROUTINE dot_product(a,b,ab) 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character (c) 
parameter (n=3) 
dimension a(n) ,b(n) 
ab=a(l)*b(l)+a(2)*b(2)+a(3)*b(3) 
return 
end 
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IV.7 ALGORITHM FOR MOVING THE BONES RELATIVELY ACCORDING TO 
THE J C S 
This code implements the inverse problem described in Appendix II. Briefly, the local 
coordinate systems of the two bones are coincident and the aim is to move the femur relative to 
the tibia in the global coordinate system to position it according to a given set of JCS six DoF 
data. Therefore, the input is the JCS six DoF data and the output is the three translations and 
three rotations that the femur needs to be moved in the global coordinate system (Appendix II). 
Also, this code can be used to calculate the orientation of a local coordinate system in respect to 
a global coordinate system; however, it requires calculation of the JCS six DoFs (§IV.6) assum-
ing that the other local coordinate system coincides with the global. 
IV.7.1 The variables used 
The variables used are described from the user's perspective in the following table: 
Type 
Symbol (Dimension) Description 
R(i) Real (3) JCS 3 rotations 
q(i) Real (3) JCS 3 translations 
RGO) Real (3) 3 rotations in respect to the global coord, system 
H(i) Real (3) 3 translations in respect to the global coord, system 
dn(i) Real (3) Unit vector of femoral x-axis 
dfj(i) Real (3) Unit vector of femoral y-axis 
dfKO) Real (3) Unit vector of femoral z-axis 
dul(i) Real (3) Unit vector of tibial/global %-axis 
duJ(i) Real (3) Unit vector of tibial/global y-axis 
duK(i) Real (3) Unit vector of tibial/global z-axis 
d_float(i) Real (3) Unit vector of JCS floating axis 
IV.7.2 Input file "GS_to_Global.inp.txt' 
The input file has the following format 
Line 
1 
2 
3_.5 
Content 
"Title" 
"Coord RotDoFs TransDoFs" 
coord(i), R(i), q(i) 
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IV.7.3 Output file "GS_to_Global.out.txt" 
The output file has the following format 
Line Content 
1 "Coord Rotations Translations" 
2...4 coord(i), RG(i), H(i) 
IV.7.4 The code 
p r o g r a m G S _ t o _ G l o b a l 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c G i v e n t h e JCS 6DoFs t h e p r o g r a m c a l c u l a t e s t h e d i r e c t i o n 
c c o s i n e s o f t h e f e m o r a l c o o r d i n a t e f r a m e i n r e s p e c t t o 
c t h e t i b i a l / g l o b a l c o o r d i n a t e f r a m e . 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c du#(3): Tibial/global/unitimate direction cosines 
c df#(3); Femoral direction cosines 
c H(3): Location of femoral origin 
c R(3): Grood&Suntay 3 rotations in deg 
c RG{3): 3 rotations in respect to the global in deg 
c rz,ry,rz: 3 rotations in respect to the global 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
c Input: JCF 6 DoFs (rotations, R(3) and translations, q(3) 
c O u t p u t : 3 r o t a t i o n s , R G ( 3 ) a n d 3 t r a n s l a t i o n s , H ( 3 ) 
c o n e n e e d s t o m o v e t h e f e m u r r e l a t i v e t o t h e t i b i a 
c ( i f i n i t i a l l y c o i n c i d e n t ) i n o r d e r t o b r i n g 
c t h e j o i n t t o t h e i n p u t JCS 6 DoFs p o s i t i o n 
Q * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * * 
implicit real*8 (a-b,d-h,o-z) 
implicit integer (i-k,m-n) 
implicit logical (1) 
implicit character*8 (c) 
C 
parameter (n=3) 
dimension coord(n) 
dimension dul(n),duJ(n),duK(n) 
dimension dfl{n),dfj(n),dfK(n),d_float(n) 
dimension dfII (n),dfJJ(n),dfKK(n),zeros(n),th(n) 
dimension R(n),RG(n),RRG(n),q(n),H{n) 
dimension Rot(n,n),Vinv(n,n),Rotl(n, n) 
c 
pi=dacos(-1.OdO) 
small=l.Od-6 
C 
open (1,file='GS_to_Global.inp.txt' ) 
read (1,*) 
read (1,*) 
do i=l,3 
read (1,*) c,R(i),q(i) 
enddo 
close (1) 
a=R(l) 
b=90.0d0-R(2) 
g - R ( 3 ) 
a=R(l)*pi/180.OdO ! flexion 
b=OO.OdO-R(2) ) *pi/180.0d0 ! abduction 
g=R(3)*pi/180.OdO 'rotation 
if ((b.GE.(-small)).AND.(b.LE.small)) then 
write (*,*) 'singularity point, abduction=90deg' 
go to 1000 
endif 
c 
c Formation of Translation vector H(n) 
c from given clinical translation vector q(n) 
Vinv(1,1)=dcos(g)/dsin(b) 
Vinv(1,2)=-dsin(g) 
Vinv(1,3)=-dcos(b)/dsin(b)*dcos(g) 
Vinv(2,1)=dsin(g)/dsin(b) 
Vinv(2,2)=dcos (g) 
Vinv(2, 3)=-dcos(b)/dsin(b)*dsin(g) 
Vinv(3,l)=0.0d0 
Vinv(3,2)=0.0d0 
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Vinv(3,3)=l,0d0 
c 
H=MATMUL(Vinv,q) 
c 
c Calculation of df#(n) from GS rotations 
dfI(1)=dcos(g)*dsin(b) 
dfl (2)=dsin(b)*dsin(g) 
dfI(3)=dcos (b) 
dfJ(1)=-dcos(a)*dsin(g)-dcos(g)*dsin(a)*dcos(b) 
dfJ(2)=dcos(a)*dcos(g)-dsin(g)*dsin(a)*dcos(b) 
dfJ(3)=dsin(b)*dsin(a) 
dfK(1)=dsin(a)*dsin(g)-dcos(g)*dcos(a)*dcos(b) 
dfK(2)=-dcos(g)*dsin (a)-dcos(a)*dcos(b)*dsin(g) 
dfK(3)=dcos(a)*dsin(b) 
c 
c check 
call cross_product(dfI,dfJ, dfKK) 
call cross_product(dfJ,dfK,dfII) 
call cross_product(dfK,dfI,dfJJ) 
c 
c du#(n) are THE unit vectors (1,0,0),(0,1,0),(0,0,1) 
dul (1)=1 
duJ(2)=l 
duK(3)=l 
c Floating axis 
call cross_product(duK,dfl,d_float) 
call direction_cosines(zeros,d_float,d_float,th) 
c 
c Calculation of rotation angles in respect to global coord, 
c Actually, it is the orientation of the fern coordinate frame 
c in respect to the tibial/global coordinate frame. 
c 
c Orientation matrix. 
do i=l,3 
Rot (i,l)=dfl(i) 
Rot(i,2)=dfJ(i) 
Rot(i,3)=dfK(i) 
enddo 
c 
c Orientation angles accoriding to G-S 
do i=l,3 
RRG(i)=-a*dfI(i)-b*d_float(i)-g*duK(i) 
enddo 
c 
RG(2)=dasin(-Rot(3,1)) 
RG(1)=dasin(Rot(3,2)/dcos(RG(2))) 
RG(3)=dasin(Rot(2,1)/dcos(RG(2))) 
c 
c check 
call ROTATION(RG(1),RG(2),RG(3) ,Rotl) 
c 
do i=l,3 
RG(i)=RG(i)*180.0d0/pi 
RRG(i)=RRG(i)*180.0d0/pi 
enddo 
c check 
c call ROTATION(rx,ry,rz. Rot) 
c 
if ((a.GT.pi/2.0d0).AND.(a.LT.pi)) then 
RG(l)=180.0d0-RG(l) 
else 
endif 
c 
c Writing 
coord(1)='x' 
coord(2)='y' 
coord(3)='z' 
open(1,file='GS_to_Global.out.txt') 
write(1,*) 'coord Rotations Translations' 
do i=l,3 
write(1,19) coord(i),RG(i) , H(i) 
enddo 
19 format (2x,a5,2(2x,f13.9)) 
c 
1000 end 
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